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Affinity-based biosensors, or in short biosensors, are extremely powerful
and versatile analytical tools which are used for the detection of a wide variety
of bio-molecules. In recent times, there has been a need for developing low-
cost and portable affinity-based biosensor platforms. Such systems need to
have a high density of detection sites (i.e biosensing elements) in order to
simultaneously detect multiple analytes in a single sample. This has led to the
creation of integrated biosensors, which make use of integrated circuits (ICs)
for bio-molecular detection. In such systems, it has been demonstrated that
by taking advantage of the capabilities of semiconductor and very large scale
integrated (VLSI) circuit fabrication processes, it is possible to build compact
miniaturized biosensors, which can be used in wide variety of applications such
as in molecular diagnostics and for environmental monitoring.
Among the various detection modalities for biosensors, Electrochemical
Impedance Spectroscopy (EIS) permits real-time detection and has label-free
vii
detection capabilities. EIS is fully electronic in nature. Hence, it can be imple-
mented using standard IC technologies. The versatility and ease of integration
of EIS makes it a promising candidate for developing integrated biosensor plat-
forms.
In this thesis, we first examine the underlying principles of EIS method
of biosensing. By analyzing an immunosensor assay as an example, we show
that EIS based biosensing is a highly sensitive detection method, which can
be used for the detection of a wide variety of analytes. Since EIS relies on
small impedance changes in order to perform detection, it requires highly
accurate models for the electrode-electrolyte systems. Hence, we also introduce
a compact modeling technique for the distributed electrode-electrolyte systems
with non-uniform electric fields, which is capable of modelling noise and other
non-idealities in EIS.
In the second part of this thesis, we describe the design and imple-
mentation of an integrated EIS biosensor array, built using a standard com-
plementary metal-oxide-semiconductor (CMOS) process. The chip is capable
of measuring admittance values as small as 10−8Ω−1 and has a wide dynamic
range (90dB) over a wide range of frequencies (10Hz-50MHz). We also re-
port the results obtained from the DNA and protein detection experiments
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A significant part of research in life sciences is geared towards the devel-
opment of analytical platforms that serve as tools for detecting biomolecules
such as DNA, proteins, toxins, and even micro-organisms. The term biosensor
particularly applies to systems which are used to detect the presence or esti-
mate the concentration of biological analytes (molecules of interest, that are to
be analyzed) in a sample. Biosensors are used in a wide variety of application
areas such as in molecular diagnostics, cancer research, food processing, and
environmental monitoring. The recent demand to build cost-effective compact
biosensor platforms which, at the same time, are capable of detecting multiple
analytes in parallel has introduced in new design challenges for both the bio-
logical and the engineering aspects of biosensor design. Such platforms will be
used in future point-of-care (PoC) high-performance molecular detectors and
other such point-of-use (PoU) applications.
Among the various techniques for biomolecular detection, affinity-based
sensing is the most popular. Affinity-based biosensors make use of biomolec-
ular recognition elements (also known as the molecular probes) which can
1
uniquely bind to the analyte ([1],[2]). These sensors take advantage of the
specificity of biomolecular interactions such as in DNA-DNA hybridization
and antigen-antibody interactions.
A wide variety of detection methods are used to convert the phys-
iochemical interactions between the probe and the analyte into measurable
signals in optical, electrical or magnetic domains [1]. Most of these methods
require the use of labels which are additional molecular structures added as
tags in order to detect the analyte with high sensitivity and specificity. Optical
methods, which make use of florescent labels, are very common today. How-
ever optical methods require expensive and complex instrumentation such as
laser light sources, filters and CCD cameras, which are difficult to miniaturize.
Recently, electrochemical methods are also becoming increasing popular due
to ease of miniaturization.
The push towards miniaturization and cost-effectiveness has resulted
in the use of integrated circuits (ICs) for biosensing. This has led to the de-
velopment of integrated biosensors, in which the biomolecular assay, including
the probe and the analyte, and the detection circuitry are all incorporated
onto the same platform. Since ICs are manufactured using robust VLSI fab-
rication methods, integrated biosensors have excellent manufacturability and
yield. Large scale production of these ICs can greatly facilitate cost reduction.
Also, it is possible to build massively parallel arrays on smaller areas, making
it possible to build high density arrays. Several integrated biosensors have
been demonstrated [3], which make use of various detection methods such as
2
florescence, electrochemical and magnetic bead based detection.
In this thesis, we will focus on using electrochemical impedance spec-
troscopy (EIS) for biomolecular detection. EIS is a powerful method which
could be used for the detection of a wide variety of biomolecules. EIS also al-
lows label-free and real-time detection, which can be used to study of kinetics of
molecular interactions in their natural form. Furthermore, EIS-based sensors
can be readily built using standard complementary metal-oxide-semiconductor
(CMOS) processes. In this thesis, we will examine various considerations in
EIS based sensing and provide an example immunosensor assay. Subsequently,
we will discuss in detail the design, implementation and testing of an integrated
EIS biosensor which was fabricated using a standard CMOS process.
1.2 Outline
Chapter 2 explains the basic concepts involved in affinity-based biosens-
ing. It discusses the various steps involved, explains the different detection
methods, and finally defines important terms such as specificity, sensitivity,
labeling and real-time detection.
Chapter 3 introduces EIS based sensing, explains in detail the equiv-
alent circuit model of the electrode-electrolyte structure, which is critical for
the understanding of EIS systems and analyzing the measurement. Next, we
discuss the principle of detection and explain the various considerations such
as the choice of the electrode surface and the surface linkage options. Next,
we describe an example immunosensor system, providing the detailed protocol
3
and a detailed discussion of the experimental results obtained.
Chapter 4 provides a general model to accurately describe the ob-
served admittance and noise power spectral density (PSD) of distributed electrode-
electrolyte systems, which are important in EIS. The described methodology
is based on initially modelling the lumped solid-solution interface and the dis-
tributed bulk solution independently, and subsequently merging them together
using circuit theory techniques.
Chapter 5 explains in detail the design, the implementation and mea-
surement results obtained of a fully integrated CMOS EIS biosensor chip. The
chip has 100 on-chip gold electrodes, and has a very wide detection dynamic
range (90dB) over a broad range of frequencies (1kHz-50MHz). Next, we will
describe the design and the implementation of a sigma-delta analog-to-digital
converter (ADC), which has been specifically tailored towards our EIS sensor
application.





The design of an integrated biosensor is a multidisciplinary problem,
which requires deep understanding of topics in the fields of biology, chemistry
and electrical engineering. The key objective of this chapter is to provide
an introduction to the important concepts in biosensing and to introduce the
reader to some of the different detection methodologies used in biosensing.
2.1 Chapter Overview
Affinity-based biosensing (or in short version, biosensing) is a funda-
mental method to estimate the concentration of an analyte (molecule of in-
terest which is being analyzed) in an aqueous sample ([1],[2],[4]). They make
use of biological recognition elements (also known as probes) such as DNA
and proteins, which can selectively bind to the analyte. In the section 2.2, the
basic steps in affinity-based biosensing are discussed. Typically, the probes are
immobilized onto a solid surface and the analytes bind to the probes, forming
probe-analyte complexes at the surface. Using different detection methods, the
concentration of the captured molecules is measured and subsequently used to
estimate the original analyte concentration in the sample. Among the various
5
metrics used to compare different biosensors, specificity and sensitivity are the
most important. Sensitivity refers to the lowest detectable analyte concentra-
tion, whereas specificity gives a measure of the ability of the system to detect
the analyte in the presence of other interfering molecules. Both these parame-
ters are closely related to the kinetics of the probe-analyte interactions, which
are explained in the section 2.3. Then, we shift the focus to different detec-
tion methods (i.e, transduction mechanisms) in the following section, which
convert the bio-chemical “signals” into measurable quantities such as photon
flux, voltage, current or impedance.
Among the various metrics used to compare the different detection
methods, the requirement for labels and the ability to perform real-time de-
tection are important. Labels are additional reagents we add to the biosensing
system, which have differentiating bio-physical properties that aid or enhance
in the transduction process. A discussion about the merits and demerits of
using labels is provided in the section 2.4.1. Real-time detection enables us
to study the kinetics of the probe-analyte interactions. How real-time detec-
tion helps in obtaining a better estimate of analyte concentration is explained
in the section 2.4.2. Finally, some of the popularly used detection methods
are introduced in the section 2.4.3, along with a table comparing them in the
view of the key metrics such as requirement of labels, ability to perform real-
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Figure 2.1: Steps in affinity-based biosensing.
2.2 Steps in Affinity-Based Biosensing
In biology, there are certain molecular pairs, which form a bond when
they are in close proximity to each other. Binding reduces the overall energy,
making it thermodynamically more favourable for the molecules to form a
complex, rather than to remain as individual molecules. These molecular
pairs, which are capable of binding together to form a complex, are said to have
affinity for each other. Affinity-based biosensors make use of these molecular
pairs, to perform biomolecular sensing ([1],[2]).
In figure 2.1, we show the steps involved in an affinity-based biosensing
scheme [4]. Key to this scheme is the use of probes, which have a strong chem-
ical affinity towards the analyte. The probe molecules are immobilized on a
solid surface. The surface is then exposed to a sample containing the analytes.
The analytes diffuse through the solution. The analytes, which reach the sur-
face, bind to the probes during the capture phase. Finally, the concentration of
probe-analyte complexes is measured using a detection method. These detec-
tion methods perform the transduction of the signal from the physiochemical
7
domain to a different domain (eg. optical or electrochemical), enabling detec-
tion. The measured signal is then used to arrive at an estimate of the original
number of analyte molecules present in the sample.
Typically, by removing the sample solution, the binding or the cap-
turing process is stopped and the dried solid surface, with the probe-analyte
complexes immobilized on them, is used for detection. Such a method is called
end-point detection method. Some detection methods enable measuring the
concentration of the probe-analyte complexes during the capturing phase itself.
Such methods are said to permit real-time detection.
2.3 Specificity and Sensitivity
Let us first examine a simple probe-analyte system ([2],[5]) governed







where P denotes the probe molecule, A denotes the analyte molecule,
PA is the probe-analyte complex. In equation 2.1, k1 is the association rate
constant, and k2 is the dissociation rate constant, which determine the kinet-
ics of the reaction. These two parameters also specify the percentage of the
total analyte molecules which form the probe-analyte complex under equil-
librium conditions. It is important to keep in mind that the estimate of the
initial concentration of A ([A0]) is done solely using the measured value of the
concentration of PA.
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= k1[A][P ]− k2[PA] (2.2)
The equilibrium condition is attained when the concentrations [P ], [A]
and [AP ] no longer change with time. This happens when d[AP ]
dt
= 0. Using
the condition k1[A][P ]− k2[PA] = 0, it is possible to estimate the equilibrium
concentrations. Since the equilibrium value of [AP ] is a function of the ratio k2
k1
,
this ratio is important in determining the equilibrium concentration of probe-
analyte pair [AP ]. This ratio is called the equilibrium dissociation constant








where the concentrations are in the equilibrium condition.
The equilibrium dissociation constant Kd is a good measure of affin-
ity for a probe-analyte pair. It determines the fraction of the total analyte
concentration, which binds to the probes to form the probe-analyte complex.
Figure 2.2 shows the total fraction of the analyte molecules, which bind to
the probes, under equillibrium conditions, as a function of the dissociation
constant Kd. The initial probe concentration [P ] is taken to be equal to the
initial analyte concentration [A0]. As evident from the figure, the ratio
[PA]
[Ainitial]
drops for larger values of Kd, which indicates lesser affinity between A and P .
In all biosensor systems, there are two important considerations: sen-
sitivity and specificity. Sensitivity refers to lowest detectable analyte con-




























Dissociation constant (Kd) 
Figure 2.2: Affinity plot: fraction of bound analytes as a function of the
dissociation constant.
dissociation constant Kd and the detection limit of detection modality being
used. A good analogue for sensitivity, in the case of a communication system,
is the electrical sensitivity, which is set by the noise floor of the receiver [4].
Specificity, on the other hand, refers to the detection of the analyte of
interest in the presence of other molecules, which can potentially bind to the
probe. Such molecules, generally referred to as interferers, compete with the
analytes by forming molecular complexes with the probes ([2],[7]). The concen-
tration of interferers can be much larger than the analyte itself. For example, a
freshly obtained blood sample contains a large number of interfering proteins
and other biological entities, which can non-specifically bind to the probe.
Specificity is mainly determined by the uniqueness of the probe−analyte bind-
ing, which is determined by the equilibrium dissociation constant Kd. A good
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analogue for specificity is the signal to interference ratio specification of a com-
munication system, which determines how robust the system functions in the
presence of interferers.
In order to better understand specificity, let us take an example system
in which we have an interferer molecule I in addition to the probe and analyte






















Figure 2.3 shows the plot of [PI]
[PA]
as a function of ratio of the dissociation
constants KdI
Kd
. The graph is plotted under different initial conditions where the
initial concentration of interferer [I0] is equal to, 10, 100, and 1000 times larger
than the initial analyte concentration [A0]. The initial probe concentration is
assumed to the initial analyte concentration, presenting a scenario where the
analyte and the interferer compete with each other to form complexes with the
probe. As can be seen, for equal initial concentrations, [PI]
[PA]
tends to be close
to 1 if the dissociation constants are equal. But for the extreme case where the























magnitude larger than KdI for achieving
[PI]
[PA]
of 1. This is the typically the case
in many biosensor systems, where the interfering molecules could be in much
higher concentration when compared to the analyte. This can greatly impact
our ability to accurately estimate the original concentration [A0], since only
[AP ] can be measured and is used to estimate [A0]. This mandates Kd to be
at least 4-5 orders of magnitude higher than KdI of the interfering molecules,
to achieve reasonable specificity.
2.4 Detection
As stated earlier, the detection step in an affinity-based biosensing sys-
tem provides a quantitative way of measuring [AP ] at equilibrium, from which
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the initial analyte concentration can be estimated. The detection step is a crit-
ical step, in which the signal is converted from the “molecular domain” to a
measurable signal such as an optical or electrical signal. There are a wide va-
riety of detection methods used for this. Before comparing different detection
methods, it is beneficial to examine whether the method requires the use of re-
porter molecules (i.e, labels) or not and whether it permits real-time detection
or not.
The subsequent sub-sections explain in detail the merits and demerits of
using labels and having a real-time detection system. The most popular meth-
ods are the optical and the electrochemical methods. Different optical meth-
ods such as fluorescence and bioluminescence and electrochemical methods like
amperometry, potentiometry and electrochemical impedance spectroscopy are
discussed.
2.4.1 Label vs. Label-free Detection
In most biosensors, molecular labels are attached to the analytes of
interest as shown in figure 2.4. These labels exhibit unique properties such as
fluorescence (such as Cy-3, Cy-5, and FAM molecules) [8], chemi-luminescence
(enzymes such as HRP, and luciferase) [9] or enhanced electrochemical activity
(redox markers such as ferrocene, and Fe(CN)6) [10]. These unique properties
are extrinsic to the target molecules and samples used and hence the use of
labels can greatly enhance detection sensitivity. One popular example is the




Cy-3, Cy-5, FAM 
Bioluminescence: 
Enzymes like  
HRP, Luciferase 
Amperometry: 
Redox markers like 
Ferrocene, Fe(CN)6        
Figure 2.4: Different types of labels used in affinity-based biosensing.
In spite of these advantages, lot of work has been done in the recent
years to develop label-free detection methods ([7],[10],[12],[13]). While it is
relatively easy to label DNA molecules [11], it is difficult to label irregular
and smaller molecules. In such cases, labeling can affect its binding properties
and hence, the affinity. Labeling adds to the overall cost and in most cases,
makes real-time detection difficult. Furthermore, labeling adds more steps,
increasing the overall uncertainty, thereby making the system less repeatable
([7],[12]).
2.4.2 End-point vs. Real-time Detection
Let us consider the simple probe-analyte system governed by the equa-
tion 2.1. The concentration of the probe-analyte complex x=[AP ] as a func-
tion of time is shown in figure 2.5 [5]. In a real-world experiment, there is
some amount of uncertainty associated with the measurement of [AP ]. This





Figure 2.5: Real-time detection.
ple purification, noise of the detection system, fluctuations in environmental
conditions, and thermal noise of the electrolyte [5]. Figure 2.5 shows three
lines, the average and the two extreme values of the [AP ] over different trials,
assuming that the standard deviation of the uncertainty in [AP ] is σx.
In the end-point detection method, the reaction is stopped, the solu-
tion is removed and a single point measurement of [AP ] is made. This can
lead to significant errors. Firstly, if the reaction is stopped at t1, the system
has not settled yet and this leads to an underestimate of [AP ], and thereby
of the analyte concentration. Secondly, even if one considers measuring at t2,
the random uncertainty in the measured value can lead to a significant er-
ror, requiring multiple repetitions of the same experiment to average out the
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uncertainty.
One way to solve this problem is to use a system which enables real-
time detection [5]. For the system governed by the equation 2.1, the rate of
formation of [AP ] is given by
d[AP ]
dt
= k1[A][P ]− k2[AP ] ≈ k1[A]C (2.7)
where C is a constant.
At the beginning of the reaction, x(t) grows linearly with time. Under
the assumption that the probe concentration [P ] is relatively constant and the
reverse reaction rate is negligible, the slope d[AP ]
dt
is directly proportional to
the analyte concentration [A]. Using this section of the curve, we can obtain
better estimates of [A]. It is also possible to have a larger dynamic range. An
end-point measurement system is affected by saturation whereas a real-time
system is not. For these reasons, there has been a considerable push towards
developing real-time detection systems.
2.4.3 Comparison of Different Methods
Figure 2.6 provides a table comparing some of the popularly used de-
tection methods in biosensing. Among the various methods, only optical and
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Figure 2.6: Comparison of different methods of detection.
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2.4.3.1 Fluorescence
The most commonly optical detection method is fluorescence-based de-
tection. The fluorescent molecules are capable of absorbing light at a particular
wavelength and emitting light at a different wavelength. Fluorescence-based
biosensors are popularly used in DNA microarrays ([8],[11],[14]). Fluorescence-
based biosensors provide excellent specificity and sensitivity.
The fluorescence method of detection, though popularly used, has cer-
tain drawbacks. Most fluorescent detection systems use high intensity sources,
optical filters and lenses that make these systems bulky and expensive, mak-
ing it difficult to build compact and low-cost platforms. Also fluorescence
method requires the use of labels. The use of labels has several disadvantages
as explained previously in 2.4.1.
2.4.3.2 Chemi-luminescence
Chemi-luminescence is used in enzyme linked immunosorbent assays
(ELISA) ([15],[16]), where a secondary probe, which can specifically attach
to the analyte of interest, is labeled with an enzyme. This enzyme, in the
presence of a substrate such as hydrogen peroxide, emits a large amount of
light. Unlike fluorescence, chemi-luminescence does not require an external
light source or any kind of optical filtering. Another application of chemi-
luminescence is in pyrosequencing ([17]), where the incorporation of the correct
nucleotide into a ss-DNA strand leads to emission of light. The key issue with
chemi-luminescence is that it requires enzyme-labeled analytes or probes. The
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enzymes are typically large in size, and can affect the probe-analyte interaction.
2.4.3.3 Surface Plasmon Resonance (SPR)
Surface plasmon resonance (SPR) phenomenon occurs when polarized
light, under the condition of total internal reflection, is incident on a conduct-
ing layer of gold, which is sandwiched between a high refractive index sensor
surface and the buffer ([13],[18],[19]). An evanescent wave is generated when
the light strikes the glass. This evanescent wave interacts with, and is ab-
sorbed by, free electron clouds in the gold layer, generating electron charge
density waves called plasmons, which causes a reduction in the intensity of the
reflected light. The resonance angle, at which this intensity minimum occurs,
is a function of the refractive index of the solution close to the gold layer. This
useful feature permits us to monitor bio-molecular interactions, which occur
at the gold surface, and alter the resonance angle.
Such SPR systems do not require the use of labels. They can be used
to study the kinetics of biomolecular interactions, which enable us to estimate
the disassociation constant Kd (equation 2.3) directly. Also using real-time
measurements, one can arrive at a better estimate of the analyte concentration
(section 2.4.2). But the major drawback in using SPR is its high cost and the
necessity to use large bulky instruments. It is very difficult to integrate SPR-
based sensing onto compact and portable platforms.
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2.4.4 Electrochemical
Electrochemical biosensors have generated a lot of interest in recent
years. Glucose biosensors, which account for 85% of the total biosensor market
[20], measure the current generated by an enzyme reaction and hence are
essentially electrochemical in nature. The use of electrochemical biosensors
in DNA, protein and antibody detection has been demonstrated previously
[21]. Since these systems are fully electronic in nature, they do not require the
use of expensive optical sources or filters and can be readily integrated onto
standard electronic integrated circuits.
2.4.4.1 Amperometry and Voltammetry
Amperometric sensors measure the current that is generated by a re-
dox reaction (simultaneous reduction and oxidation reaction) involving an elec-
troactive species [6]. The current flow is modified by redox reactions happening
close to the surface of the working electrode, on which the probes are immobi-
lized. In the case where redox labels are attached to the analytes, it is useful to
cycle the voltage applied (between the working electrode and a reference elec-
trode, which is used to set the potential of the bulk solution) and obtain the
forward and reverse I-V characteristics. This method of sweeping the potential
is referred to as cyclic voltammetry (CV) and it is useful in characterizing the
activity of redox species.
A good example of an amperometric sensor is the glucose measurement
sensor[20]. This sensor makes use of the enzyme glucose oxidase Gox to cataly-
20
ses the oxidation of glucose to gluconic acid. This oxidation reaction generates
a current, which is linearly related to the glucose concentration. References
[22], [23], and [24] show the use of amperometry for detection in DNA arrays.
Another application is the use of CV in studying the blocking properties of
surface immobilized layers [25]. The peak current in CV curve reduces with
the formation of blocking layers.
Amperometic techniques provide a highly sensitive and yet a simple
method to detect a large variety of biologically relevant molecules. These
involve the use of redox labels such as ferrocene and methylene blue or require
the use of enzymes such as glucose oxidase ([20],[22],[24]) and the flow of
large currents, which can corrode the electrode surface and affect its long-
term stability.
2.4.4.2 Potentiometry
Potentiometric sensing relies on the changes in the potential difference
between the electrode surface and the bulk solution, caused by the changes in
the concentration of the bulk solution or due to biomolecular events happening
close to the surface, even when the DC current flow is zero or negligible [6].
A popularly used potentiometric sensing system is the pH sensor. The
potential difference across a thin glass membrane is used to determine pH of the
solution [6]. Ion-selective electrodes use different membranes to detect different
ions such as nickel, manganese and mercury [26]. Today, many potentiometry
based systems employ ion-sensitive field effect transistors (ISFET) to measure
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pH changes and ionic concentrations. ISFETs are regular transistors, whose
gates are directly connected to the sensing electrode. Reference [27] provides
a comprehensive review of various applications of ISFETs in biosensing and
other areas. Reference [28] describes an ISFET array which can be used for
pH sensing.
Potentiometry does not require special redox molecules or enzymes in
order to perform detection. Also since negligible DC current flows through the
system, there is a much lesser risk of corrosion when compared to amperomet-
ric methods. One disadvantage of potentiometric sensing is that only the open
circuit potential is measured and hence it is essentially a single point measure-
ment, as compared to amperometric systems, where different input waveforms
can be used to study the properties of the system. Also since the electrode
surface is not kept at a well defined potential, it is more susceptible to drifts
and sensitive to changes in the environmental conditions, such as temperature
and humidity, requiring constant calibration [27].
2.4.4.3 Electrochemical Impedance Spectroscopy (EIS)
EIS utilizes the impedance changes in the system that occur in response
to bio-molecular interactions occurring near the electrode-electrolyte interface
[21]. A small signal perturbation (AC voltage) is applied across the electrode
system and the resulting current that flows through the system is measured.
Typically, the magnitude and phase response is measured at different frequen-
cies and hence impedance spectrum is obtained over a wide frequency range.
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EIS based biosensors take advantage of the intrinsic impedance changes in the
system in response to probe-analyte binding and hence can perform label-free
detection [7]. Like any electrochemical biosensor, it can be readily integrated
into standard electronic integrated circuits. Also, when compared to ISFET
based sensing, it provides a vast amount of information at various frequency
points, making it possible to study the effect of molecular interactions and dif-
fusion mechanisms happening at various distances from the electrode surface
[21]. These advantages of EIS along with the basic concepts and important
considerations involved will be explained in detail in the next chapter.
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Chapter 3
Fundamentals of Electrochemical Impedance
Spectroscopy (EIS)
3.1 Overview
EIS, as introduced in the previous chapter, is a powerful electrochem-
ical method, capable of performing label-free and real-time detection. In this
chapter, we will introduce the fundamental principles in designing an EIS sys-
tem.
In this chapter, we begin with an explanation of the equivalent circuit
model of an electrode-electrolyte system, which links the different phenomenon
occurring in the electrode-electrolyte interface to the equivalent circuit com-
ponents.
Generally speaking, electrochemical interactions can be categorized as
Faradaic or non-Faradaic, based on the magnitude of the DC current flowing
through the system. In the case of non-Faradaic interactions (negligible DC
current flow), the interface capacitance plays a significant role (section 3.3).
On the other hand, in the case of Faradaic interactions (DC current flow), the
charge-transfer resistance plays a key role (section 3.4). Having introduced
the basic concepts involved, we will discuss the underlying principles behind
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the use of EIS for sensing, in section 3.5, by describing the two different mech-
anisms by which the interface impedance changes with probe-analyte binding.
We will then discuss the various practical considerations of EIS in sec-
tion 3.6, such as the choice of the right surface, effect of linker length and
concentration. Finally, we will present an antibody immunoassay, with the
detailed experimental procedure and the explanation of the results obtained.
3.2 Circuit Model of an Electrode-Electrolyte System
Figure 3.1 shows a widely-used equivalent circuit used to model the
electrode-electrolyte system ([6],[7],[21]). It consists of the bulk resistance
of the solution RB in series with the impedance of the electrode-electrolyte
interface. The interface impedance consists of the charge transfer resistance
(RCT ) in parallel with the capacitance of the double layer (CDL). The charge
transfer resistance is attributed to the interactions of ions in the solution with
the electrons in the electrodes which produced a current. A net charge is
relocated from the electrode to the electrolyte or vice versa [6]. The double
layer capacitance is attributed to the spatial distribution of ions formed close
to the electrode-electrolyte interface.
Electrochemical reactions can be classified as Faradaic or non-Faradaic
based on the magnitude of DC current flowing through the interface. If no DC
current flows through the interface, the reaction is referred to as non-Faradaic
reaction. In the case of non-Faradaic interactions, the capacitance of the











Figure 3.1: Circuit model of an electrode-electrolyte system
the system. On the other hand, if DC currents flow through the interface, then
the reaction is referred to as Faradaic. In the case of Faradaic interactions,
RCT plays a significant role.
Figure 3.2 shows the impedance spectra obtained using the equivalent
circuit model of the electrode-electrolyte system. Typically, a small signal
sinusoid (amplitude < 20mV) is applied as the “excitation” source and the
current flowing the system at various frequency points is measured. At very low
frequencies (i.e., near DC), RCT dominates the response. Hence for measuring
Faradaic currents, one must operate near DC, typically at frequencies< 100Hz.
At high frequencies, the effect of the solution resistance RB is dominant with
very little or no contribution from the interface impedance. Typically, this
frequency range is not useful for studying molecular interactions happening at
the intimate proximity of the interface as only the effect of the bulk resistance
is observable. At intermediate frequencies, CDL dominates the response and
its value can be measured more accurately.
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Figure 3.2: (a) Impedance spectra (b) Equivalent circuit model with assumed
values for an electrode-electrolyte system.
3.3 Electrode-Electrolyte Interface Characteristics
Near the point of zero potential difference across the electrode-electrolyte
interface, the interface behaves like a capacitor [6]. The charge on the metal
electrode is balanced by the ions in the electrolyte, near the interface. The
electrical double layer, which is formed in the solution, consists of two layers:
an inner layer of specifically adsorbed ions or molecules, which is referred to as
the Stern layer and outer diffuse layer of ions which extend all the way into the
bulk of the solution. A charge profile example with its potential distribution
is shown in figure 3.3.
The inner layer of specifically adsorbed ions or molecules is called the
stern layer. The capacitance of the stern layer (denoted by CH) is relatively
constant with concentration and is primarily a function of the type of metal























Figure 3.3: (a) Charge and potential profile at the vicinity of an electrode-
electrolyte interface (b) CDIFF as a function of φ0
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4-5 times larger than the capacitance of the diffuse layer.
The capacitance of the diffuse layer is a function of relative permittivity
of the medium (εr), the potential applied (φ0) and the concentration of the












where z is the charge of the ionic species involved, ε0 is the absolute permit-
tivity, q is the charge of an electron, k is the boltzmann constant and T is the
absolute temperature.






where nsol is the bulk concentration in
mol
l
. For a 100mM bulk concentration,
the capacitance is in order of 30 µF
cm2
. As evident in 3.2, CDIFF is a function
of φ0 as well. The capacitance is minimum at φ0 = 0 which is referred by Ez,
the potential of zero charge. As φ0 rises or drops from this value, we can see
that capacitance rapidly rises. We can clearly see, from the figure, that the
capacitance is a highly non-linear function of potential. It is for this reason
that the amplitude of the excitation voltage used in EIS experiments is always
kept below 20mV.
The distance from the surface at which the potential drops to 1
e
of its
value at the surface is referred to as the Debye length. The Debye length is
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The Debye length λ is a good estimate of distance upto which the applied
potential can change the charge distribution in the bulk solution. This trans-
lates to the distance upto which the changes in the charge distribution, due to
bio-molecular interactions, can create changes in CDIFF .











where Ch is the stern layer capacitance and Cdiff denotes the diffuse
layer capacitance. Ch is usually modelled by a constant capacitance, which is a
function of the composition of the solution and the type of the metal electrode
used.
3.4 Faradaic Interactions
Let us consider a simple electrode process, wherein species Ox and Re







where k1 and k2 are the rate constants of the forward and reverse reactions




C∗ denotes the bulk concentration), k1=k2 and the potential difference be-
tween the electrode and the bulk solution becomes E0, which is referred to the
standard equilibrium potential. The rate constant at the equilibrium potential
is called the standard rate constant k0. The rate constant at other potentials











where α is the transfer coefficient, which is derived from the energy considera-
tions. As evident from equations 3.6 and 3.7, the rate constants are exponential
functions of the (E − E0), which is referred to as the overpotential (η). The










where COx(0, t) and CRe(0, t) denotes the concentration of the oxidised and re-
duced species at time t. This important relation is known as the Butler-Volmer
formulation and can be used to model any reaction requiring an account of
heterogeneous kinetics. The current-overpotential curve is shown in figure 3.4.
Under equilibrium, the net current is zero and the electrode reaches
a potential based on the bulk concentrations, C∗Ox and C
∗
Re. This exchange






where A is the area of the electrode and F denotes the Faraday’s con-
stant. When the potential is moved away from the equilibrium potential, the
Faradaic current becomes a non-linear function of the applied potential. For





where η denotes the overpotential, E − E0. The net current is a lin-
ear function of the overpotential, in a narrow potential window around E0.
The ratio −η
i






RCT provides a convenient way to model Faradaic interactions as a circuit
element and will be used in our model to accurately interpret the data obtained
from EIS experiments.
3.5 Impedance Based Biosensing
Impedance based biosensors take advantage of the changes in the inter-
face impedance with the attachment of the analytes to the probes, as shown
in figure 3.5. The impedance change at the interface can be caused by one of
the two different mechanisms ([7],[21],[29],[30],[31],[32],[33],[34])
• Mechanism 1: The attachment of a large target molecule onto a probe
molecule reduces the capacitance CDL, due to the increase in the thick-
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Nyquist plot under equilibrium 
conditions 
Figure 3.5: Impedance change with molecular attachment.
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ness of the double layer and also due to reduction in the dielectric con-
stant near the interface (e.g, εr of water is ≈81, whereas εr of organic
molecules is around 2-3). Also, the larger molecular complexes formed
can block the flow of the current through the interface, leading to an
increase in RCT . ([7],[29],[30]).
• Mechanism 2: The ionization of the surface immobilized groups can
lead to a change in the double layer capacitance, caused by the change
in the charge density profile in the vicinity of the electrode-electrolyte
interface [34]. When the electrolyte contains redox molecules, the change
in the surface charge density can alter RCT . Since redox molecules have
a positive or negative charge on them, they can be repelled or attracted
by the new ions that are formed close to the surface, thereby changing
RCT ([7],[21]).
A good example of an impedance change due to the attachment of a
large molecule (mechanism 1) is in antigen-antibody assays, where the at-
tachment of the target antibody with an antigen probe changes the surface
impedance. Reference [21] shows examples, where RCT changes significantly
with multiple levels of antibody attachment. In [32], the changes in capaci-
tance with protein-antibody binding is shown and various issues in capacitance
(CDL) based sensing are discussed.
Reference [34] shows changes in the impedance of a surface immobi-
lized layer with change in the solution pH due to the ionization of its terminal
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group. However, the capacitance change can only be seen at very low bulk
concentrations. The negative charge on the DNA molecules enables the de-
tection of the attachment of the target single-stranded DNA (ssDNA) to the
probe ssDNA (DNA hybridization) by observing the changes in redox current
[21]. If a negatively charged redox marker is used such as Fe(CN)
3−/2−
6 , the
increase in negative charge close to the surface, with hybridization, causes an
increased repulsion of the redox molecules, increasing RCT . If a positively
charged redox marker such as Ru(NH)
1+/2+
2 is used, a decrease in the charge
transfer resistance can be observed.
3.6 Considerations in EIS Analysis
Having introduced the basic concepts, in this section, we will discuss
the important considerations in EIS-based sensing such as choosing the right
surface, use of the right linkers and choosing the buffer concentration.
3.6.1 Electrode Surface
As explained in the previous section, EIS systems can use electronic
ICs for detection. Since EIS simply requires an electrode surface to serve as
the sensor, the surface of electronic ICs can serve as transduction sites. Most
ICs today are fabricated using complementary metal oxide process (CMOS)
processes [35]. These processes have been optimized such that they can be
used to manufacture ICs with excellent yield and reliability.
In a standard CMOS process, aluminum is typically used for building
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interconnects [35]. For building an EIS biosensor, the easiest option is to use
the aluminum surface as the sensing electrode, as no additional post processing
steps are required. However, the usage of aluminum is generally not preferred.
Aluminum surface rarely remains in its unionized state. The stability of the
aluminum surface under different potential and pH conditions can be analysed
using the Pourbaix diagram [36]. Pourbaix diagrams are used in corrosion
studies, to analyze the stability of different materials when exposed to a wide
variety of environmental conditions. Pourbaix diagrams plot the surface state
for the material of interest, as a function of the half-cell potential (the po-
tential applied between the bulk solution and the metal electrode) and pH of
the buffer solution. The Pourbaix diagram of aluminum is shown in figure
3.6. Aluminum forms a protective oxide layer on its surface near neutral pH.
However, this protective coating gets removed under high pH conditions and
aluminum surface gets heavily ionized under basic as well as acidic conditions.
Aluminum surface does not exist in its solid unionized state even under neutral
pH conditions, as shown in the figure.
Another choice is to use metal oxides such as alumina and tantalum
oxide for sensing. Such metal oxides are popular in ion-sensitive field-effect
transistor (ISFET) sensors. Reference [27] gives a good review of ISFET based
sensors and its various applications in chemical and biomolecular sensing.
However, the oxide layers prevent any DC current flowing through the inter-
face, i.e., they only permit non-Faradaic interactions. This makes the system
unsuitable for Faradaic sensing. Another major consideration is the thickness
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Figure 3.6: Pourbaix diagram of aluminum surface.
of the oxide layer that is being used. The thickness of the metal oxide layer
should be 50nm [37]. For EIS based sensing, the increased thickness results in
a lower capacitance. This will lead to a large potential drop across the oxide
layer, which leads to a reduced sensitivity to molecular attachment occurring
in the proximity of the surface. To increase the sensitivity, the thickness of the
oxide layer needs to be minimized. However, thinner layers are unstable when
large potentials are applied, as oxide breakdown and leakage can occur. Fur-
thermore, accurate deposition of oxide layers requires the use of complicated
methods, such as physical vapor deposition (PVD) or sputtering [35].
Gold (Au) is a more suitable choice when compared to aluminum as
is evident from its Pourbaix diagram (figure 3.7) [36]. Gold is stable and
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Figure 3.7: Pourbaix diagram for gold surface
stays in its solid neutral state, over a wide range of potential and pH condi-
tions. Also, there are a number of surface immobilization protocols available
for attachment of biomolecules onto a gold surface ([38],[39]). These proto-
cols take advantage of the strong thiol bond, i.e., gold-sulphur bond. Thiolated
molecules (molecules which have sulphur incorporated in them) are used in sur-
face immobilization steps. These thiolated molecules then form self-assembled
monolayers (SAM) on the gold surface. Review paper [40] discusses how thio-
lated carbon chains from a well-oriented, uniform, and a stable blocking layer
onto the gold surface. These SAM layers can also made functional [32], making
them suitable for the immobilization of a wide variety of molecules, such as
proteins and antibodies, onto the gold surface.
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3.6.2 Linkage of Bio-molecules onto Au Surface
Sulphur compounds (eg., thiol compounds) have a strong affinity to
gold surfaces [40]. The gold-sulphur attachment occurs due to the oxidative
addition of SH bond to the gold surface, followed by the reductive elimination
of the hydrogen, described by




where R-S-H denotes the thiolated molecule, and Au0n refers to the gold atom
at the surface, which is in its neutral state. The bonding of the SH group to
the gold surface is very strong (the bond strength is approximately 10kT ) [40].
There are two different ways of attaching molecules onto a gold surface.
One is the direct attachment method, where the biomolecules are chemically
modified, such that they have SH groups as their terminal. One such example
is the thiolated DNA strand [41]. The terminal base of the DNA molecule is
modified by a SH group as shown in figure 3.8.
Protein molecules can directly attach to the gold surface due to the
hydrophobic and electrostatic interactions between the protein molecule and
the gold surface [42]. While this direct attachment method serves as the
simplest immobilization scheme, we discovered that it is not suitable for EIS
based sensing due to the following reasons:
• The surface coverage might be low. This is especially true for proteins
and antibodies, which differ in shape, size, and orientation [32]. Direct
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Figure 3.8: Direct and indirect attachment of molecules onto gold surfaces.
attachment is more suitable for molecules, such as DNA, which have a
well defined structure [41].
• It is challenging to block the active surface sufficiently. Since the molecules
can be randomly arranged over the gold surface, it is difficult to prevent
the non-specific adsorption of interfering molecules [32].
• The adsorption of proteins onto the gold surface can be reversible. The
proteins can be easily removed from the surface using certain solvents
such as acetone and detergents such as Tween [39].
One way to overcome this issue is to use linker molecules. Functional
alkanethiols serve as suitable linkers. Figure 3.8 shows some examples of func-
tional alkanethiols (11-MUA, 3-MPA and thioctic acid). All of these have SH
40
groups, which can bind to the gold surface, and a functional COOH group.
This COOH group can be modified to form NHS esters, using the EDC/NHS
protocol [39]. The covalent binding between the NHS ester group and the
amine group in proteins is irreversible and hence the use of linker molecules
enhances the stability of protein attachment to the gold surface. Furthermore,
the alkanethiols form self-assembled monolayers on the gold surface. These
SAM layers have a well defined composition, structure, and thickness [40].
These monolayers form a pinhole free isolating molecular films. Formation of
a thin, well defined monolayer close to the surface makes it possible to develop
capacitance based biosensors [32].
3.6.3 Properties of Monolayers
One of the most important parameter in the selection of the right linker
is its length. The length of the monolayer, formed from the linker molecule,
has impact on sensitivity, stability and packing density [43]. The structure of
three different linkers is shown in figure 3.8. Among the three different linkers
that we have considered, 11-MUA is the longest and 3-MPA is the shortest
with only 3 carbon atoms. The approximate distance between two carbon
atoms in C-C chain is 0.13 Å[44].
In order to analyze the impact of monolayer length on the performance
of an EIS based biosensor, we performed experiments on gold electrodes, on
which we formed different monolayers. In all experiments, gold slides are
first thoroughly cleaned and subsequently immersed in solutions containing
41


























Au Au Au Au 
(a) (b) (c) (d) 
(a) Magnitude spectrum






























Au Au Au Au 
(a) (b) (c) (d) 
(b) Phase spectrum
Figure 3.9: Experimental determination of the magnitude and phase spectrum
of electrode-electrolyte system with different monolayers immobilized onto the
gold surface (a) 11-MUA (b) thioctic acid (c) 3-MPA (d) gold.
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11-MUA, 3-MPA or thioctic acid. The detailed procedure for surface cleaning
and monolayer formation is provided in the material and methods section
of antibody assays (section 3.9.2 and Appendix). EIS experiments are then
performed on these gold electrodes, with an active area of 4mm×4mm, in 1X
PBS (phosphate buffered saline) solution.
Figures 3.9a and 3.9b show the impedance spectra of three different
monolayers (11-MUA, 3-MPA, and thioctic acid) on gold and the impedance
spectrum of the bare gold surface. The phase angle of 11-MUA monolayer is
very close to 90◦ and for a bare gold surface, it is 78◦ and for 3-MPA, 85◦.
This essentially means that the impedance is more capacitive in the case of
a thicker monolayer. This translates into higher surface coverage and better
blocking capacity for the thicker monolayer ([25],[44]). The magnitude of the
capacitance is in the following order, Bare gold >3-MPA> Thioctic acid>11-
MUA.
Apart from the fact that the shorter length leads to a higher capaci-
tance, lower surface coverage also causes an increase in the surface capacitance.
The diffusion capacitance of the metal-solution double layer is in the order of
30 µF
cm2
(equation 3.4) when compared to the capacitance of 11-MUA which
is around 2-3 µF
cm2
. So any pores in the monolayer can lead to a significant
increase in the surface capacitance, since the diffusion capacitance comes in
parallel with the monolayer capacitance. Another important consideration is
the stability of monolayers as a function of time. We observed that the sta-
bility of monolayers of length greater than 10 carbon atoms (11-MUA in our
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case) is greater than a day but for monolayers less than 10 carbon atoms in
length (3-MPA and thioctic acid in our case), the impedance starts to change
even after a couple of hours, because the surface coverage decreases with time,
as a larger fraction of the monolayer gets removed from the surface.
Even though longer monolayers are more stable and have better block-
ing capabilities, one issue with longer monolayers is the reduced sensitivity
to subsequent molecular attachment. There are two primary reasons why the
usage of a longer monolayer leads to a reduced sensitivity. Firstly, since the
protein attachment happens at the terminal of the SAM layer extending into
the solution, longer the monolayer, further away is the protein (i.e., the anti-
gen) from the surface. The potential difference between the electrode and
the bulk solution drops exponentially across the diffusion layer. Therefore,
the changes in the charge distribution in the diffusion layer, that occurs with
antigen-antibody binding decreases exponentially as the length of the mono-
layer increases. Secondly, longer monolayers have smaller values of capaci-
tance. The monolayer capacitance comes in series with the antigen/antibody
capacitance, which changes when binding occurs. Smaller the value of mono-
layer capacitance, smaller will be the change in overall capacitance due to
antibody-antigen binding.
In order to verify this theory, we performed experiments, in which
the impedance is measured before and after the attachment of the protein
molecules on the 11-MUA and 3-MPA monolayer. The protein molecule used
in the experiments is FoS, which has a molecular weight of 78 kDa. The results
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obtained are shown in the graphs 3.10a and 3.10b. The detection of FoS pro-
tein is of great importance to neurologists, as it serves as a maker for neuronal
activity [45].
As evident from the figure, the change in the surface impedance can
be barely seen in the case of the 11-MUA monolayer, whereas the capacitance
changes by 20% in the case of 3-MPA monolayer. A similar trend can be seen
in the phase response where protein attachment causes only one degree change
in the phase angle for the 11-MUA monolayer, whereas for 3-MPA, the phase
angle changes by 4 degrees.
3.6.4 Impact of Buffer Concentration
One of the important factors in impedance measurement is the buffer
and the concentration of ions in it. The buffer concentration determines the
thickness of the double layer, which is the layer of ions formed in the solution
close to the electrode surface, as introduced in section 3.3. The double layer
causes an exponential potential drop from the surface to the bulk solution.
The Debye length, given by the equation 3.3, gives a good approximation
of the distance from the surface, until which the system is sensitive to bio-
molecular interactions. Longer the Debye length, further away the surface we
can perform detection.
The Debye length is inversely proportional to the solution concentra-
tion. For 100mM KCl, the Debye length is approximately 55nm. For 300µM
KCl, the Debye length is around 1.75µm. Also, the corresponding diffusion ca-
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Figure 3.10: Experimental determination of magnitude and phase spectrum of
(a) 11-MUA with protein attached (b) 11-MUA only (c) 3-MPA with protein
attached (d) 3-MPA only 46
pacitance decreases with this concentration, as shown by the equation 3.2. The
reduced capacitance translates into higher sensitivity to subsequent molecular
attachment.
Though deceasing the buffer concentration makes the system more sen-
sitive, it might not be a practical technique for improving sensitivity. It is
preferable to study the molecular interactions at physiologically relevant and
compatible ionic concentrations, because the interactions can be completely
different at lower concentrations. Furthermore, certain bio-molecules like DNA
tend to alter their structure under reduced buffer concentrations.
3.7 Advantages of EIS Based Sensing
* High sensitivity: EIS is highly sensitive to molecular interactions hap-
pening close to the electrode surface. Using shorter SAM layers or lower
buffer concentrations can enhance sensitivity.
* Label-free detection: EIS relies on the inherent properties of molecules
and it does not require the use of labels ([7],[29]). This makes EIS-
based sensing suitable for detection of specific molecules, such as pro-
teins, which are difficult to label.
* Real-time detection: In EIS experiments, it is possible to study the evo-
lution of the interface impedance with biomolecular interactions as func-
tion of time. Real-time detection allows us to better understand reaction
mechanisms and helps us to better estimate the analyte concentration
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[7].
* Ease of Integration: Since EIS is fully electronic in nature, EIS based sen-
sors can be readily integrated into standard electronic integrated circuits
(ICs). The use of ICs has greatly revolutionized the field of electronics,
by enabling one to build compact, highly complex, and densely packed
electronic systems with excellent yield and reliability. The possibility
of creating integrated EIS biosensors, which utilize ICs for detection,
makes EIS an attractive candidate for building portable, cost-effective
platforms, which can be used in PoC applications. The concept of inte-
grated biosensing will be discussed in detail in Chapter 5.
3.8 Challenges in EIS
• Non-specific binding: In order to improve EIS sensitivity, it is necessary
to use shorter monolayers such as 3-MPA or thioctic acid. Shorter mono-
layers have poor surface coverage, permitting non-specific attachment of
molecules directly to the gold surface. This can lead to large errors,
especially if the sample contains a significant concentration of interfer-
ing molecules. To address this challenge, one can make use of longer
monolayers, which form SAM layers with good blocking capabilities.
• Surface cleaning: To form reasonably uniform monolayers on the gold
surface [46], strong chemical cleaning steps are required. These harsh
chemical steps can require special protocols and advanced safety mea-
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sures.
• Variation with temperature and buffer conditions: The interface impedance
is a function of temperature and ionic concentration of bulk solution. In
order to perform EIS experiments, it is necessary to have setups in which
the temperature and humidity are tightly controlled. Furthermore, it is
necessary to use buffered electrolyte, since we want the ionic concentra-
tion to remain as constant as possible.
• Variation with antigen/antibody type: The interface impedance varies
with the type of antibody and antigen used. Biomolecules can differ in
size, structure and ionic states under various electrolyte concentration
and pH conditions, making it difficult to theoretically predetermine the
magnitude of impedance change with antigen-antibody binding.
In order to mitigate the effect of variations, it is advisable to make use
of real-time detection, in which we measure the changes in impedance
rather than the absolute values.
• Corrosion: In Faradic EIS-based sensing, there can be a significant DC
current flow. This can result in the corrosion of the electrode, removal
of the SAM layer or even removal of deposited oxide layers, which can
impair experiments.
• Stability: Shorter monolayers are only stable for 5-6 hours after their de-
position, which gives limited time to complete the required experiments.
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It is possible to preserve gold slides with longer monolayers, for a longer
time, but that requires the slides to be placed in an oxygen-free, cold
and dark environment. This is because thiols can get oxidized if exposed
to atmospheric oxygen and light for a long time.
• Difficulty to build reusable platforms: References [7] and [46] show that
it is difficult to reuse the gold slides for new experiments. This restricts
the use of EIS to disposable platforms, which are for one-time use only.
3.9 Antibody Assays
3.9.1 Significance of Antibody Assays
Today, protein and antibody detection assays are widely used in life
science research and diagnostic applications. In most systems, multiple pro-
teins and antibodies are detected in parallel. These assays help us to better
understand normal and disease processes in our body [47]. Protein assays are
currently being studied within several areas relevant to cancer research [47].
Some of the applications of protein/antibody arrays are [48],:
1. Antibody response profiling for studying the effect of immunization, ex-
posure to infectious agents and determination of response to infections.
2. Cytokine profiling used in determining antibody specificity
3. Clinical biomarker development for diseases such as inflammatory bowel
disease, lung and ovarian cancer.
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4. Clinical diagnosis such as in Point-of-Care stroke detection, diagnosis of
myocardial infection and screening of drugs of abuse.
In this section, we will build an immunoassay, which uses EIS for detection.
We choose thioctic acid as the linker molecule for our experiments. Thioctic
acid is chosen as the linker as it has a length of 7-8 carbon atoms, offering a
reasonable trade-off between sensitivity to subsequent molecular attachment
and stability of the monolayer. Thioctic acid is used in [29] for building a
protein-antibody assay and reasonable sensitivity has been demonstrated. We
have chosen FoS as our protein of interest. It has a molecular weight of 78 kDa
and it is approximately 7.5nm in size. We will first study the attachment of
anti-FoS IgG molecules (an immunoglobulin G antibody which can specifically
attach to FoS) to the immobilized FoS. Then we will study the second level
of attachment, where an anti-IgG (an antibody which can specifically attach
to anti-FoS IgG) is introduced. We restrict ourselves to non-Faradaic studies,
where we are primarily interested in the changes that occur in CDL. Since we
make use of a SAM layer of thioctic acid, RCT is high, making the surface
behave more like a capacitor.
3.9.2 Materials and Methods
Gold Slides: In order to perform the experiments, one requires freshly pre-
pared gold surfaces. Typically gold is evaporated and deposited over glass
slides. We made use of 500 Ågold on glass slides from Platypus technologies.
It is difficult to reuse the slides, due to the rearrangement of gold atoms with
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the attachment of thiolated molecules [46]. In our case, fresh slides are used
for every experiment.
Surface Preparation Methods: The gold surface needs to thoroughly
cleaned before the thioctic acid monolayer immobilization step. There are
different cleaning strategies that can be used ([46], [49]).
1. Acetone, ethanol wash: Basic wash step that removes large dust and dirt
particles. Ineffective in removing the organic contaminants or any kind
of sulphur compounds.
2. Air plasma: The slide is placed in a plasma of atmospheric oxygen at a
pressure of 700-1000 atm. Air plasma can rid the surface of most of the
organic contaminants.
3. SC-1 clean: This is a strong chemical clean step using 1:1:4 ratio of
ammonium hydroxide, hydrogen peroxide and water. This step strongly
oxidises any organic contaminant on the surface.
4. Piranha clean: This is the strongest cleaning reaction for cleaning the
gold surface. It completely oxidises any organic or inorganic contaminant
and makes the gold surface hydrophilic by introducing OH groups on the
surface.
For forming a uniform blocking layer on the gold surface, we found that either
SC-1 clean or piranha clean is required. For our gold slides, we made use of
SC-1 clean. This method provided reasonably repetitive results.
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3.9.3 Experiments
We performed EIS experiments to study two different protein-antibody
assays. The detailed protocol is provided in the appendix section. In one sys-
tem, FoS protein serves as the antigen and anti-FoS IgG, which can specifically
attach to FoS, serves as the antibody. In the other, anti-FoS IgG serves as the
antigen and anti-IgG acts as the antibody.
The EIS is performed using a bench-top Solartron impedance analyzer.
A three-electrode setup is used, in which Ag/AgCl electrode serves as the
reference electrode and a platinum wire serves as the counter. A three elec-
trode setup is commonly used, as the potential of the bulk solution can be set
accurately using the reference electrode, irrespective of the magnitude of the
current flow [6].
3.9.4 Results and Inference
Figure 3.11a shows the real-time experimental results that we obtained
when antibody solution (anti-FoS IgG) is added to the 1x PBS buffer. The
slides immersed have FoS immobilized on a thioctic acid monolayer. We can
see that the surface capacitance drops with the attachment of the antibody.
We can see that there is a 11 % change in the capacitance value with higher
concentration (50 µg
ml
) and 8 % change with 10X dilution (5 µg
ml
). As expected,
the capacitance change is larger and capacitance value drops at a faster rate
when the concentration of the antibody solution used is higher (equation 2.7).
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(b) Surface capacitance change with anti-IgG attachment.
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Figure 3.11b shows the changes in the surface capacitance when IgG is
introduced on anti-FoS immobilized surface. The capacitance changes by 8%
in 30 min. Thus we can observe that the system is sensitive for an additional
level of antibody attachment. Since the two graphs shown are obtained using
experiments performed on two different gold slides, the baseline capacitance
in the two experiments varied by 10%.
Thus we can see that EIS is a highly sensitive method for detecting
biomolecular interactions happening close to the surface and is capable of
detecting multiple levels of antibody attachment. However, EIS based system
has issues such as non-specific binding and varying baseline which can hamper
the use of EIS based biosensors in real life applications.
In spite of its shortcomings, EIS can still provide a cheap and quick
alternative to SPR based systems for studying the kinetics of molecular at-
tachment close to the electrode surface. Also another application of EIS can
be to study the quality of monolayers formed. Any holes in the monolayer can
translate to large changes in the surface impedance and hence we can perform
some form of quality control on the immobilized monolayers using EIS.
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Chapter 4
A Comprehensive Compact Model for
Distributed Electrode-Electrolyte Systems in
Impedance Spectroscopy
In EIS based sensing, the impedance spectra obtained is typically fit
into equivalent circuit parameters, in order to obtain a good interpretation
of the physiochemical phenomenon happening close to the electrode surface.
Since EIS based sensing deals with small changes in the impedance against
a large electrochemical background, we need to make use of highly accurate
models for electrode-electrolyte systems, so that the fitting error can be mini-
mized.
While the impedance of parallel-plate systems can be modeled accu-
rately, analytical models for non-parallel plate systems are of limited accuracy
and computational intensive finite element method (FEM) simulations are re-
quired for accurate modeling. In this chapter, we present a general model
to describe the observed admittance and noise power spectral density (PSD)
of distributed electrode-electrolyte systems. The motivation behind develop-
ing this model is the accurate design and implementation of electrochemical
impedance spectroscopy (EIS) transducers in biomedical and biotechnology
applications. Our methodology is based on initially modeling the lumped
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solid-solution interface and the distributed bulk solution independently, and
subsequently merge them together using circuit theory techniques. Our pre-
liminary results show that using this approach we achieve a superior fitting
error performance compared to conventional analytical models; therefore we
believe that it has the potential to become the preferred modeling technique
in high-performance EIS platforms.
4.1 Introduction
Accurate modeling of micro- and macro-scale electrode-electrolyte in-
terfaces is imperative in many biomedical and biotechnological applications.
Examples are electrochemical biosensors [21], neural stimulation and record-
ing [50], electrocardiography (ECG) [51], electroencephalography (EEG) [52],
electrophoresis ([53] and [54]) environmental monitoring ([55],[56],[57]). It is
widely known that among all these existing applications, the emerging area of
electrochemical impedance spectroscopy (EIS) based biosensors requires the
most accurate analytical models [21]. This is mainly due to the fact that
EIS-based analyzers (generally referred to as impedimetric sensors [21]) rely
on measuring extremely small level of impedance change (e.g., 10ppm) that
occur due to the attachment or electronic interactions of specific molecules
such as DNA and proteins with the solid electrode surfaces, as explained in
the previous section ([21],[58],[59],[60],[61]). Such changes are typically mea-
sured over a wide range of frequencies ranging from as low as 1Hz in some
systems to as high as 50MHz in certain miniaturized systems [62]. The gen-
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erated impedance data is almost always fit into equivalent circuit models and
modeling inaccuracies can directly affect the sensitivity of these systems.
As discussed in section 3.2, the impedance of the electrolyte is mainly
resistive and a function of ions within the electrolyte. The interfacial impedance,
on the other hand, is formed by the specific interaction of the ions with the
electrode surface and can have impedance values quite different from the elec-
trolyte. While the dimensions of the solution and the electrode surface can
be large, the physical thickness of the interfacial layer is always small (a few
Debye lengths in chemical equilibrium), in the order of tens of nanometer to a
few micrometers, depending on the ionic strength of the electrolyte ([6],[63]).
The basic circuit model for a closed electrochemical circuit in EIS
in general, and impedimetric biosensing in particular, consists of two elec-
trodes (one working and the other reference) and an electrolyte sandwiched
in between, as shown in figure 4.1. In this model, there are three distinct
impedances in series; two for the electrode-electrolyte interfaces (one per elec-
trode), and one for the electrolyte. While this model is widely used, it can be
significantly inaccurate. The main reason is that placing these impedances in
series is an oversimplification of the structure and only applicable to parallel-
plate electrode-electrolyte structures, which are not widely used. One example
of sensing electrode structures, which cannot be accurately modeled by such a
simple circuit model is the planar sensing micro-electrodes. These inaccuracies
and inconsistencies generally originate from the non-uniformities of the electric










ZW ZS ZR 
Reference 
Electrode 
Figure 4.1: A parallel-plate electrode-electrolyte setup, where the equivalent
circuit is modeled by three impedances in series.
in figure 4.2. Due to its very small thickness, the interface impedance is sel-
dom affected by this electric field non-uniformity; nonetheless the distributed
resistance of the electrolyte and the portion of it, which contributes to the
overall impedance, is a strong function of the non-uniformities. Accordingly,
one can say that, different electrode arrangement results in a different solution
resistance and consequently different overall electrode-electrolyte admittance.
Although, analytical formulations have been reported to compute equiv-
alent impedance (or admittance) models for non-parallel electrode systems
([64],[65]), they all exhibit limited accuracies as low as 80%. Such inaccura-
cies manifest themselves more when the level of fringing fields increase. For
example, one of the fundamental limitations of these models is that they are
incapable of describing the relationship between capturing coordinates and the
impedance which is critical is micro- and nano-scale biosensors. One general
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Figure 4.2: A non-parallel electrode-electrolyte system with fringing fields,
where the circuit model should include distributed impedance elements.
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full-scale finite-element-method (FEMs) based simulations. While such ap-
proaches are accurate, they require a significant amount of computation and
cannot easily be interfaced with electronics and IC design CAD tools. Another
challenge, yet to be addressed by these models, is how to effectively incorpo-
rate the electrode-electrolyte electrochemical Poisson noise [66] and thermal
noise [67] into the compact models of non-parallel plate electrode systems,
taking into effect the distributed nature of these systems.
The goal of this chapter is to introduce a compact modeling approach
for the distributed electrode-electrolyte systems with non-uniform electric fields.
The focus is not only on accurately computing the admittance of the electrode-
electrolyte systems, but also computing the noise power-spectral density (PSD).
Initially in section 2 of this chapter, we introduce our proposed method
and describe how the compact electrode-electrolyte interface impedance mod-
els can be coupled with the electrode topology to compute the overall observ-
able admittance of the system in all regimes, from macro- to micro-scale. In
addition, we describe the methods to incorporate noise into these compact
models. In section 3, we discuss some practical biosensing implementations of
the model and report our achieved results.
4.2 Model Derivation
The formulations of this section are applicable to any macroscopic
electrode-electrolyte configuration. For clarity and without loss of general-
ity however, we use the example of the widely used coplanar micro-electrodes.
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In this structure, as shown in figure 4.3A, the electrodes are placed on top of
a non-conductive (generally dielectric) planar substrate and the electrolyte is
placed on top of it. The interface layer in our formulations is always assumed
to be relatively thin compared to electrode dimensions. We also assume that
the structure of this layer is in equilibrium. In our illustrations, its thickness
has been exaggerated for clarity.
4.2.1 Calculating admittance
The admittance per unit area of any electrode-electrolyte interface is a
function of the molecules and electric field at its liquid-solid boundary and not
the electrode geometry ([6],[63]). Nonetheless, the non-uniformities within
the electric field (and hence current density) are functions of the electrode
geometry. In other words, the microscopic interactions within the interface
are somewhat unaware of the big picture and only notice the neighboring
molecules and the local electric field. From a circuit theory point of view,
this suggests that the local admittance of the interface can be modeled by a
lumped circuit element connecting the electrode surface to the ions at the tail
of the interface layer. On the other hand, the admittance of the electrolyte (or
solution) cannot be modeled by lumped circuit element since it is distributed
in nature, i.e., it has a spatially varying electric field.
Now, to provide a compact model for the system, we first need to iden-
tify the terminals of the admittance element. In this paper, we assume that
the admittance that we are trying to compute is between two electrode struc-
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tures, which are made of a conductor with infinite conductance. Our proposed
method is based on first modeling the electrolyte as a multi-port circuit net-
work and subsequently incorporating into it, the lumped admittance model of
the interface. There are two fundamental advantages to this approach. The
first is that one does not require a high spatial resolution FEM simulation and
a simple electrostatic simulation to calculate the solution admittance matrix
is sufficient. Second, the interface characteristics in this modeling approach
are decoupled from electrode topology which can provide significant insights
into both design and analysis of any EIS-based biosensor.
The computational setup is illustrated in figure 4.3, where we first re-
move the interface layer, as we are only interested in modeling the electrolyte
as a multi-port network. To create the admittance matrix, the entire area of
both the working and the reference electrode is divided into N and M subsec-
tions (or grids), respectively. Subsequently, we apply voltage vectors Vw ∈ Rn
and Vr ∈ Rn to the working (W) and the reference (R) electrodes, respectively.
If we assume that the current vectors passing through the electrodes (see fig-
ure 4.3B) are Iw ∈ Rn and Ir ∈ Rn, we can compute the admittance matrix,










Now, we consider the complete electrode-electrolyte system including
the interface layer and its admittance. As illustrated in figure 4.3C, the in-
terface layer can be divided into N and M subsections and its admittance is











Figure 4.3: A coplanar electrode topology, where (A) the electrode are placed
on a dielectric substrate and exposed to a conductive electrolyte. In (B) and
(C) the computational setup for obtaining in (1) and in (10) is illustrated
respectively.
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approach is valid if (i) the admittance of the interface layer is uniform within
each subsection, and (ii) the electric field at the surface of the electrodes is
perpendicular to the surface, which guarantees no coupling between individ-
ual subsections. Based on these assumptions, we can form Zw ∈ RN×N and
Zr ∈ RM×M to represent the impedance of working and reference interface
layers, respectively in the form of
Zw =

Z1W 0 . . . 0









Z1R 0 . . . 0




0 0 . . . 0 ZNR
 . (4.3)
where ziW is the impedance of the i
th subsection in the working electrode and
zjR is the impedance of the j
th sub-section in the reference electrode, as shown
in figure 4.3C.
In figure 4.4, we illustrate the equivalent circuit network of the complete
electrode-electrolyte system, where Zw and Zr represent the interfaces, and Ys
describes the sandwiched electrolyte. Using 4.1 to 4.3, we can calculate the
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Figure 4.4: The equivalent circuit model for the distributed electrode-
electrolyte system.
electrode, VEW ∈ RN , using
VEW = VW − ZW IW , (4.4)
and similarly for the reference electrode we can define, VER ∈ RN , and
formulate it by
VER = VR − ZRIR, (4.5)






















Next, by using 4.4 and 4.5, we can modify 4.7 as[


























where Y −1A ∈ RN×N , Y
−1
B ∈ RN×M , Y
−1
C ∈ RM×N and Y
−1
D ∈ RM×M are all
sub-matrices of Y −1S . By rearranging 4.9, we can come up with the relationship
























where we define YT as the comprehensive admittance matrix of the electrode-
electrolyte system.
In most practical applications where the electrode is a good conductor
(i.e., large conductivity, σ →∞), the potential is identical everywhere across
the electrode surface which means that all entries within VW and VR are the
same and equal to vW and vR, respectively. In such situations, we can model
the electrode-electrolyte system as a two terminal circuit element between
the working and reference electrodes. Furthermore, we can associate a single
value for the observed admittance between the two electrodes. We denote this
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admittance by yt , which is defined as the ratio of the total current flowing
between the electrodes divided by the applied voltage across them, i.e., vW −
vR. Now if we realize that the total current going through the working and
reference electrode contacts is the sum of the entries in IW and IR , we can
simply formulate yt by
yt =
tr (IW )− tr (IR)
vW − vR
(4.11)
where function tr (X) computes the trace of X.
4.2.2 Deriving the noise PSD
Let us first consider the effects of thermal noise (i.e., Johnson-Nyquist
noise [68]) in the electrode-electrolyte system. According to the fluctuation
dissipation theorem [69], the observed thermal noise of a macroscopic conduc-
tor, can be directly derived from the losses within the system, i.e., electrical
resistance. Hence in our formulation, the real part of yt is sufficient for its
calculation. Hence, we first consider yt as Re{yt} in parallel with Im{yt}
(see figure 4.5). The equivalent thermal noise within this system can then
represented by a noisy current source, int, in parallel with Re{yt}, where the
single-sided PSD of int, denoted by I2nt (ω), is
I2nt (ω) = 4kTRe{yt} (4.12)
where k is the Boltzmann constant and T is the absolute temperature.
Additionally, in electrode-electrolyte systems, under certain conditions
(e.g., presence of Faradaicaic currents), we will experience shot noise [66]. In
68
Re  {  yt   } 
j   Im  { yt   } 










Figure 4.5: Electrode-electrolyte compact model with thermal noise.
order to incorporate this into our model, we place noisy small-signal current
sources in parallel with each subsection element of the interface impedance (see
figure 4.6). As with the traditional noise analysis methods used in circuits, we
can use superposition theorem and make VW and VR equal zero, to calculate
the effect of these noisy current sources on output current flowing from the
working to the reference electrodes.
As shown in figure 4.6, we can create noise current matrices, inW and
inR, for both the working electrode and reference electrode such that
inW =
[






inR1 inR2 . . . inRM
]
. (4.14)
Now, by converting the parallel noise current sources (Norton model)
into the Thevenin model and substituting them in place of VW and VR, we
can calculate the noise current vectors, InW and InR, observed at working and
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Figure 4.6: The equivalent circuit model for the distributed electrode-
electrolyte system with interfacial shot-noise.
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The total shot noise current flowing between the working and reference elec-
trodes, ins, becomes
ins = tr (InW )− tr (InR) . (4.16)
By using 4.16, we can also compute the PSD of ins, denoted by I2ns (ω). In most
practical electrode topologies we can safely assume that the entries of inW and
inR are uncorrelated, which in turn makes the PSD calculation straightforward.
It is also important to realize that the shot noise is uncorrelated with the
thermal noise in the system. As a result, we can use superposition to calculate
the overall noise PSD as illustrated in figure 4.7.
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4.3 Model Implementation and Discussion
In this section, we implement the model to analyze the admittance
characteristics of a coplanar electrode structure. Our goal is to use this ex-
ample to demonstrate the capabilities of this modeling approach, discuss the
insights that the model can provide, and finally point out its limitations.
4.3.1 Admittance
Table 4.1: Simulation parameters.
Parameter Value
Interface Capacitance (Cint) 2µF/cm
2
Electrolyte Conductance (σS) 4S/m
Interface Conductance (σint) 10
−4S/m
Electrolyte Permittivity (εS) 81
Substrate Permittivity (εsub) 11
Electrode Conductance (σm) 10
7S/m
The dimensions of the coplanar system under consideration are shown
in figure 4.8 and Table I provides the properties of the materials used in this
example. The interface is modeled as a lossy capacitor consisting of a parallel
combination of a resistance and a capacitor. Such a model is general enough
for modeling both Faradaic and non-Faradic interactions that happen close to
the interface. The permittivity of the substrate is set to that of silicon and
the solution properties are set to the electrical properties of sea water, which
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Figure 4.8: Example system under consideration.
In order to obtain the admittance matrix, YS, the interface layer is
removed as discussed in section 2. The elements in the conductive subsections
are separated by a thin layer of air (not shown in the figure) in order to prevent
element-to-element direct conduction. The 2-D FEM simulation is carried out
using COMSOL multiphysics simulation environment (COMSOL, MA, USA).
We observed that in this example, σ
ωε
 1 for frequencies up to 1 MHz,
which means that in this frequency range, the conduction current dominates
displacement current. As a result, it is sufficient to obtain YS at DC and use it
in calculation of yt for frequencies up to 1MHz (the frequency range upto which
the condition σ
ωε
 1 is satisfied). This particular simplification significantly
reduces the simulation time. Now by using 4.11, we can compute yt. For
evaluating the accuracy of our model, the results are compared with a fully
distributed model, where the interface characteristics are incorporated into the
COMSOL model and yt of the entire system is computed using computationally
intensive FEM simulations.
For estimating the accuracy of our compact model, a fully distributed
model is taken as a reference. In this model, the interface characteristics are
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incorporated into the COMSOL model by introducing the equivalent loss and
relative permittivity of the interface layer. COMSOL generated a mesh with
atleast 10000 nodes for this model. Next, yts of the entire system are computed
using FEM simulations for each frequency point of interest.
In order to compare the accuracy of our model with the traditional an-
alytical models, we define the error parameter, S, by computing the complex
non-linear least square error for each model [70]. The admittance values com-
puted using the fully distributed model is taken as the correct value. The error
is then computed as the sum of squares of normalized error in the real and
imaginary parts of the admittance values, calculated at 70 frequency points
between 100Hz and 500kHz with a resolution of 20 points per decade. The
















where {yt (ωi)}is the admittance values at frequency ωi computed us-
ing our model and {y′t (ωi)} is the same parameter derived from the fully
distributed model.
In this paper, we consider four setups with different values of the elec-
trode width, W , and electrode spacing, D. In addition, three different numbers
of sub-sections on each electrode are considered (N=20, 40, and 50) to exam-
ine the trade-offs between the model complexity and the accuracy. In order
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to compare the performance of our models with existing analytical models in
electro-analysis, we picked two popular analytical models from the literature
([6],[63]) (see figure 4.10). The first model is the RC series model, denoted by
1-(RC), in which Rd and Cd constitute the admittance of the interface and Rs
and Cc constitute the solution admittance. The second model uses constant
phase elements (CPE) to model the interface and is denoted by 2-(CPE). CPEs
have been used routinely to fit electro-analytical experimental impedance data
([6],[63]), as it has been empirically shown that it can take into account the
effects of distributed elements to some extent.
From the table in figure 4.9 where S for different models are reported,
we can see that our modeling approach has significantly better performance
compared to the existing analytical models. As expected, as the complexity
of our model increases (i.e., N increases), the error decreases. However, im-
proving the accuracy leads to larger matrices and longer simulation times, so
there is a fundamental trade-off between the accuracy of the model and the
amount of required computation. The fully-distributed FEM simulation for
70 frequency points takes 1.5 hours in a computer with a 8 core processor and
72 GB RAM whereas the computation done using our model, for N=50, takes
less than 30 seconds.
In figures 4.11 and 4.12, we have plotted the normalized magnitude
error and phase errors, respectively, to compare the results of all the models.
As evident, even for the N=20 model, it is possible to obtain magnitude
errors less than 1% and phase errors less than 0.5 degree, which is a significant
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Figure 4.9: Fitting error (S).
improvement over the conventional analytical models.
One important limitation in our models is that it has an upper fre-
quency limit. This originates from to the fact that YS is computed at DC
and using a single FEM simulation. If we require yt (ω) at higher frequencies,
additional FEM simulations need to be performed, which increases the over-
all computational time. Another important observation is that for conductive
solutions, where σ
ωε
 1 remains valid, the entries of YS, scale with σ. This
property can significantly reduce the simulation time, as it is sufficient to run
only one initial FEM solution for each electrode topology.
It is important to emphasize at this point that the described modeling
approach in this paper is general and not restricted to coplanar electrode
systems. This model has been tested with non-coplanar systems and the results
are always better than that obtained from the analytical models. As predicted
in the previous sections, the relative error between the analytical models and
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Figure 4.10: Analytical circuit models





















Figure 4.11: Normalized magnitude errors in models.
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Figure 4.12: Phase errors in models.
4.3.2 Noise PSD
To compute the noise current source, we need to use equations 4.12
and 4.16. The calculation of the thermal noise component from Re{yt (ω)} is
straightforward, but the shot-noise component (if any) requires prior knowl-
edge of the vectors inW and inR as well as their PSD. As an example here,
we assume that we have an electrode-electrolyte interface, which experiences a
diffusion-dominated redox Faradaic current. Based on [71], if the DC current
flowing through each subsection of the electrode has amplitude I, then the
observed PSD of the current shows a 1/f noise behavior in the form of









where z is the average unit of charge of the electro-active species participating
in the redox process, and τt is the expected transport time.
In figure 4.13, we show the computed PSD of this system, where the
thermal and shot-noise components are also plotted. The total noise PSD ex-
hibits a 10dB/decade slope (1/f noise) at low frequencies. As the frequency
increases, the contribution of the interface capacitance to the overall admit-
tance of the system goes down, which reduces the contribution of the shot
noise current source to the overall output current. Nevertheless, it can be seen
that, in this region the thermal noise component increases, and eventually
dominates the noise PSD and forms a constant noise floor at higher frequen-
cies. The shot current amplitude used is 1pA. The simulation is performed for
W=1mm and L=1mm model. The relaxation time constant, τt, is set to 1s.
4.3.3 Coordinate-dependant Surface Bindings
In all impedimetric biosensors, the probe-analyte bindings can take
place at different coordinates along the interface. If the current distribution is
different at these locations, it is expected that the impedance changes should
be coordinate-dependant, which essentially means that probe-analyte bindings
have a coordinate-dependant gain. Although conventional analytical models
are incapable of incorporating this phenomenon, this effect can be studied
using our model.
In figure 4.14, we show a system where surface impedance changes occur
at three different locations on the surface of the working electrode. We model
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Figure 4.13: Output current noise spectral density (PSD) of the electrode-
electrolyte system
binding by decreasing the local capacitance of the associated sub-section by a
factor of 10. Subsequently, we calculate the overall admittance and normal-
ize them with respect to the original admittance value. From the normalized
impedance change plots of figure 4.15, we can easily see that at certain fre-
quencies, the difference can be in order of 0.5%. This result is particularly
important for two main reasons. The first is that, we need to recognize that
spatial dependence of the transducer gain is an important source of varia-
tion in all impedimetric biosensors, especially when we have fringing fields
or small micro-transducer structures with small capturing surface areas. Sec-
ondly, through proper design, we might be able to create special transducers











Figure 4.14: Example of coordinate-dependant impedance changes in an elec-
trode electrolyte system
essentially creates a new detection paradigm in EIS and is extremely useful
for monitoring electrode-electrolyte systems.
4.3.4 Conclusion
In this chapter, we have introduced a compact model, which can be
used to accurately model distributed electrode-electrolyte systems. The com-
pact model is built by initially modeling the lumped solid-solution interface
and the distributed bulk solution independently, and subsequently merging
them together using circuit theory techniques. This model has a much better
accuracy when compared to purely analytical models and at the same time,
requires much lesser computational time and resources, when compared to a
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Figure 4.15: Magnitude response for the example system.
fully distributed model. Furthermore, the model can be used to estimate the
noise PSD of the system, including the effects of both thermal and shot noise.
The development of such a model, is important in the design of integrated




An Integrated CMOS EIS biosensor
5.1 Biosensor Integration
In recent years, there has been a push towards building compact, high-
performance, and cost-efficient biosensor platforms which can be readily used
in point-of-care (PoC) devices for applications such as molecular diagnostics
and environmental monitoring. Such detection platforms need to have a very
wide dynamic range, but their performance, as of today, is limited by the
biochemical aspects of the system and not by the limited dynamic range of
the electronic sensors or detectors. Additionally, these detection platforms
must be considerably robust, to be deployed at the PoC settings. Finally,
they must have the capability to detect multiple analytes in parallel. For
example in DNA microarray applications, upto 100,000 unique DNA strands
need to be detected in parallel [11].
One solution is to utilize complementary metal oxide semiconductor
(CMOS) fabrication processes, which are the most robust and widely used fab-
rication processes in the semiconductor industry, for manufacturing biosensors.
The rationale behind this, as opposed to using MEMS or other processes is
the unmatched yield, cost-efficiency, and the integration capabilities of CMOS
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CMOS IC 
Figure 5.1: Anatomy of an integrated biosensor.
processes. Hence, integrated CMOS biosensors are defined as sensors which
use CMOS fabrication processes to create massively parallel biosensors. In
contrast to conventional biosensor systems where incubation and detection
are carried out independently, the biomolecular assays are directly built on
top of the detector, i.e., an integrated circuit (IC), combining capturing and
detection together in a single platform. Furthermore, the CMOS fabrication
process greatly improves cost-efficiency and manufacturability.
A typical setup for an integrated biosensor is shown in figure 5.1. The
CMOS IC is placed in a special package and the sample containing the an-
alytes is directly placed on top of the CMOS die. The chip, almost always,
has an array of pixels, each consisting of a transduction element, along with
the integrated readout circuit. The transducer can just be an electrode for an
electrochemical biosensor, or a photodetector in an optical biosensor. Depend-
ing on the application, different probe molecules can be immobilized on the
different transduction sites, accommodating parallel detection of multiple an-
alytes. The readout circuit performs the task of low-noise signal amplification
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and some amount of signal processing to make the transduction measurable.
Depending on the sensor size, available silicon area, and CMOS process used,
analog-to-digital converters and other signal processing blocks can also be in-
tegrated.
5.1.1 Existing CMOS Integrated Biosensors
Table 5.1 provides a list of CMOS integrated biosensors that have been
reported. Among the different detection methods, optical, magnetic, and
electrochemical methods are the most widely implemented. The important
inference is that the CMOS fabrication processes can, in fact, be used for
manufacturing biosensors, with no or a few additional post processing steps
[72].
Optical biosensors utilize simple photodiodes for sensing, and use a ca-
pacitive trans-impedance amplifier (CTIA) structure to measure the current
generated [72]. Reference [73] describes a bioluminescence detection sensor,
which can be used to perform DNA sequencing, while, [14] describes an inte-
grated florescence biosensor, which has an optical filter integrated on top of the
CMOS chip and has a CTIA, a pre-amplifier and a time-to-saturation ADC
inside every pixel. Finally in [79], an optical biosensor is described, which uti-
lizes a first order sigma-delta loop to achieve a wide optical detection dynamic
range. In [74] and [75], magnetic biosensors based on magnetic nano-particles
are built, which act as molecular reporters.
Electrochemical detection methods or electroanalysis are popular choices
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Eltoukhy,2004[73] Optical Bioluminescence Luciferase Enzyme
Jang,2009[14] Optical Fluorescence Cy3
Wang,2009[74] Magnetic Nano-Particle Paramagnetic beads
Sun,2009[75] Magnetic Nano-Particle Ferrite beads
Schienle,2004[76] Electrochemical Cyclic Voltam-
metry
Redox enzyme
Levine,2008[22] Electrochemical Cyclic Voltam-
metry
Ferrocene redox label
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for building integrated biosensors, as all signals are fully electronic, eliminating
the need for complex light sources, optical filters or lenses. Cyclic voltammetry
is essentially an amperometric scheme, in which the excitation voltage is cycled
between two limits and the current flowing through the system is measured.
In [76], electrochemical redox cycling process is used for detection. In [22], an
array of 16 gold electrodes and integrated potentiostats, consisting of current-
input ADCs, are used for detection. In [77], a first-order sigma-delta ADC
which makes use of the electrode-electrolyte capacitance as the integrator, is
used. This results in a very compact reading circuit. Reference [78] discusses
the use of a capacitance-based sensor to detect DNA hybridization. Reference
[71] describes reconfigurable pixel architecture, capable of performing cyclic
voltammetry, potentiometry and impedance spectroscopy.
The goal of this chapter is to demonstrate how we can implement a
fully-integrated impedance-based CMOS biosensor system. The transduc-
tion method used in this system, i.e., electrochemical impedance spectroscopy
(EIS), is widely used to detect a wide variety of biomolecules such as DNA
and proteins ([7],[21]).
In EIS, small impedance changes in an electrode-electrolyte interface
that are generated by capturing events are detected in real-time and are cor-
related to the presence, as well as, the abundance of various analytes. EIS
is a label-free and a real-time detection method. However, the challenge is
to measure the small impedance change due to capturing in the presence of a
large electrochemical background. Furthermore, impedance measurement is an
87
inherently complex process that requires complicated data analysis to mean-
ingfully interpret the data. Our challenge in this research is to leverage the
capabilities of VLSI systems to not only design high-dynamic range impedance
detectors for biosensing, but also integrate an array of them in a single CMOS
chip. Finally, we want to design this system as an open-platform by making
its electrode transducers compatible with conventional EIS methods.
Initially in Section 2 of this chapter, we introduce the system-level issues
in EIS biosensors, the electro-analytical transducer design, and the proposed
impedance detection methodology. In Section 3, we discuss in detail the IC
implementation of various blocks in a standard CMOS process, followed by an
explanation of both the electrical and biological experimental results obtained
in Section 4.
5.2 EIS Biosensor System
5.2.1 EIS Electrode Design
The sensing electrode needs to take advantage of a variety of capturing
molecules for detection. These molecules come in a variety of sizes, molec-
ular weights, and charge densities. For example, a short 30 base pair (bp)
oligonucleotide in DNA-based biosensors can weigh about 9.9 kDa, while an
immunoglobin A (IgA) antibody used in EIS immunoassays weighs more than
70 kDa [80]. These molecules can also exhibit different levels of hydropho-
bicity and hydrophilicity and hence interact differently with the molecules on















Figure 5.2: Passivation openings in standard CMOS structure used as sensing
electrodes.
characteristics of the probes in EIS systems. Additionally, it is imperative to
choose a proper material for the conducting electrode (e.g., Au or Pt) and the
proper linking molecule or chemical bond between solid electrode surface and
the capturing probe.
In our system, we choose gold (Au) as the material of choice for our
electrode surfaces (Section 3.6.1). The main rationale for this is its inertness
(i.e., Au does not corrode with non-zero biases on the surface), in addition to
being biocompatible. One can implement different thiol-based immobilization
chemistries to attach molecules to the Au surface ([39],[43],[81]).
The electrodes in our design are created by first forming passivation














Figure 5.3: (A) Top layers of a CMOS process, where using an electroless
nickel immersion gold (ENIG) process we create Au sensing electrodes, and
(B) SEM picture of surface before and after the ENIG process.
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pads (illustrated in figure 5.2). The exposed electrodes are approximately
40µm× 40µm in size and are separated by a distance of 50µm. To create an
universal Au electrode surface, we took advantage of an electroless nickel (Ni)
immersion Au (ENIG) plating process [82] to first form a Ni layer and then a
Au layer on the exposed Al electrode surfaces (see figure 5.3). The reason for
forming the Ni layer first is that Au can not be directly plated on Al surfaces
and an intermediate layer is necessary. This method does not require the use of
masks since Ni and Au do not attach to the passivation layer. The thicknesses
of the Ni and Au layers are approximately 2µm and 200nm, respectively. The
Au surface can be bio-functionalized using thiol-based protocols where the
sulfur in the thiol group can form a covalent bond to the Au surface and act
as the anchor for the linker molecule. This can be used for immobilization of
various biomolecules such as DNA and proteins (Section 3.6.2).
5.2.2 Impedance Detection
The goal of the detection circuitry in EIS systems is to measure, in real-
time, the admittance of the electrode-electrolyte interface, denoted by Y (ω).
In an array format, we need to measure the admittances of all pixels in parallel
and independently. To do this in our biosensor system, we place a large and
shared reference electrode in the solution to establish the sinusoidal excitation
voltage signal, VX(ω), across all electrodes. Next, we measure individually
the current flowing through each electrode, I(ω) and compute the electrode-
91
A 


















Figure 5.4: Coherent detection architecture for impedance measurement.





where Ii(ω) is the measured current at the i
th pixel. Since all signals in
this system are sinusoidal, to find Yi(ω), we only need to calculate the rela-
tive amplitude and phase shift of Ii(ω) compared to Vx(ω). In this chip, we
take advantage of the coherent detection method (also known as the direct
conversion method) to obtain the phase and amplitude information of Ii(ω)
simultaneously. The approach is to first amplify the current Ii(ω) in each
pixel by means of a low-noise transimpedance amplifier (TIA) with gain of A,
as shown in figure 5.4. The output of TIA is then multiplied by orthogonal
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sinusoidal signals (I and Q) at the frequency ω (the same frequency as the ex-
citation source). Subsequently, the higher-order harmonics are removed using
a low-pass filter. The DC value at output of the I and Q channels of the ith
pixel, denoted by VI(i) and VQ(i) respectively, are then used to estimate the
amplitude and phase of Yi(ω) using the formula
|Yi(ω)| =
√














The overall chip architecture is shown in figure 5.5. The system consists
of an array of 10 × 10 pixels where column and row decoders are used to
scan the array and access the individual outputs of pixels sequentially. This
approach is similar to the readout structure of CMOS image sensors [83]. Each
pixel within the array consists of a sensing electrode and a coherent detector
readout circuitry, which include the low-noise TIA for current amplification
and two mixers I and Q for multiplication. The reference electrode, which
establishes Vx(ω) within the electrolyte is an external component (i.e.., not
integrated), and as discussed before, is immersed into the electrolyte solution.
It is important to realize that the capturing probe of each pixel can be different



























































Figure 5.6: Circuit diagram of Transimpedance amplifier (TIA).
The quadrature (90◦ phase shifted) I and Q signals as well as Vx(ω) are
generated within the system using an external reference clock operating at 4ω.
The 4ω clock first goes through a divide-by-4 digital counter to generate the
necessary quadrature I and Q square-wave signals at ω. The excitation signal
Vx(ω) is derived from the I signal (using a low pass filter and an amplifier) and
therefore is phase-locked to it. The main advantage of this approach is that
by sweeping the clock, we can sweep ω and measure Y (ω) without modifying
the readout circuit which operates independent of Vx(ω), at a much lower
frequency. Yet, we still need to guarantee that the TIA and mixers function




The main objective of the low-noise TIA, besides amplification, is to
keep a low impedance node at the sensing electrode contact. This is to ensure
that Y (ω) remains proportional to I(ω) only, and does not become a func-
tion of the TIA impedance. As illustrated in figure 5.6, we chose a common-
gate topology for the TIA using transistors M1-M3. To decrease the input
impedance of the TIA, we additionally gain-boost M2 by using a differential
amplifier made of transistors M4-M8. If we consider the gain of this differen-









The TIA is designed such |Zin| always remains below 100Ω for fre-
quencies up to 50MHz. This ensures that for a typical electrode-electrolyte
interface impedance values (typically, |Y (ω)| > 10kΩ), the error remains below
1 %. The TIA gain, ATIA, in this particular topology is equal to g
−1
m3 ≈ 13kΩ,
which is approximately equal to the input impedance of the diode connected
M3.
The role of the differential amplifier is to not only reduce |Zin|, but
also set the DC potential of the sensing electrode. This DC potential is set
by applying an external voltage, Vc, to the positive input of the differential
amplifier. The error voltage is a function of the loop gain and approximately
96
equal to 5mV for Ad=45dB, which is the nominal DC gain of the differen-
tial amplifier. This feature is particularly beneficial in controlling Faradaic
processes (i.e., oxidation and reduction) that may occur due to the potential
difference between the reference and sensing electrodes. The value of Vc in
our system can vary between 0.9V to 2V without affecting the functionality of
the TIA, making it possible to measure admittance while applying DC voltage
stimulations on the sensing electrode.
One key consideration in the design of TIA is its noise performance.
The leading noise contributors are the current source M1 and the load tran-
sistor M3. In the common-gate structure, M2 acts as a cascode transistor
and hence has little effect on the overall noise performance. The noise from
the differential amplifier is also negligible since its output voltage noise has
an contribution of gm2 (1 + gm2ro1)
−1 to the TIA input current. Hence, the
input-referred current noise power spectral density (PSD) of the TIA, denoted
by I2n(ω), can be formulated by
I2n(ω) = 4kT (γ1gdo1 + γ3gdo3) (5.5)
where gdo is the zero-bias drain source transconductance, and γ is a bias de-
pendant noise coefficient of the associated transistors.
In equation 5.5, strictly speaking, one should also include the 1/f noise
contributions of M1 and M3; yet we have neglected them and only included
their thermal noise component. This is because the lock-in amplifier acts as
an narrow-band coherent receiver architecture in the signal chain. In such
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systems, similar to most RF receivers, as long as ω remains significantly above
the 1/f noise corner frequency, the noise becomes out-of-band and thus not
present at the output. The 1/f noise corner frequency in our system is designed
to be 50 kHz which is achieved mainly by increasing the lengths of M1 and
M3 to 5µm and 1µm, respectively.
The current through the common gate stage in this design is 50µA.
Although this current can be lowered without significantly reducing the gain
and worsening the noise performance of the TIA, we intentionally kept it high
to be able to measure |I(ω)| in the order of 10-20µA with sufficient linearity.
Since |Y (ω)| can be as low as 10kΩ, |I(ω)| can be as high as 20µA, for an
excitation voltage of 20mV. The differential amplifier bias current is also set to
50µA. This is to achieve the sufficient gain-bandwidth product, i.e., minimum
gain of 30 dB at 50 MHz, and ensure |Zin| < 100Ω.
5.3.2 Quadrature Mixers
To multiply I(ω) by the I and Q quadrature clocks, we connect the
diode-connected output of the TIA, VTIA, to the input of two double-balanced
differential Gilbert cell mixers, as shown in figure 5.7. For the sake of clarity,
only one of the two identical mixers is shown in the figure. Differential Gilbert
cell mixers [84] are widely used as they greatly reduce the LO leakage to
the outputs and relax the filtering requirements at the output. Also, having
differential outputs is beneficial for sensor arrays as they are less prone to










Figure 5.7: Circuit diagram of mixer.
mixers, the transconductance of M9-M10, gm9, in the input differential pair is
set to be equal to gm3. To minimize the 1/f noise contributions of the mixers,
we also use resistors (≈ 50kΩ) instead of placing active transistor loads. Based








Since the output of the TIA (positive input of the differential mixer) is single
ended, we have to generate a stable DC reference voltage VREF for the other
input (negative input of the differential mixer). As shown in figure 5.8, this is
done by placing a replica circuit with an identical structure as the low-noise
TIA. There is only one difference between the TIA structure and the replica
circuit. In the replica circuit, the bias used for the differential amplifier is only
5µA instead of 50µA since it only needs to operate at DC and hence has a
relaxed gain-bandwidth requirement. The overall current consumption of the
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Figure 5.8: Circuit diagram of the entire pixel (excluding bias circuits).
pixel is 220µA (including the bias circuits in each pixel) with a 3.3.V supply
with a total area of 100µm× 100µm.
It is important to realize that the large size of the biosensor array results
in inevitable pixel-to-pixel gain and dc offset variations. This phenomenon
is somewhat comparable to the fixed pattern noise (FPN) in CMOS image
sensor arrays [83]. In our case, offset and gain variations are primarily caused
by the mismatch between the load resistors of the mixers. Accordingly, we
paid careful attention to the layout and physical dimensions of these devices
to ensure acceptable non-idealities.
5.3.3 I and Q Generation
The chip has a built-in divide-by-4 generator which accepts a 4ω refer-





















Figure 5.9: I/Q Generator (grey blocks are off-chip components).
ation of the mixers. As illustrated in figure 5.9, we use a self-biased inverter
to recover the AC-coupled clock signal. The self-biased inverter reduces the
sensitivity of the circuit to the amplitude and DC bias point of the input si-
nusoid. It also sets the DC bias point at the threshold voltage of the inverter
(approximately to 1.65V in our design) with a small-signal gain of 3.5. The
main disadvantage of self-biased inverters is their sensitivity to glitches in the
power supply. In order to eliminate this impediment, a Schmitt trigger buffer
[85] is used after the self-bias inverter. This buffer creates a voltage window of
approximately 1V around the transition region, making the output insensitive
to any input glitch within this window. The output of the Schmitt trigger is
then buffered and applied as the clock input (CLK) of the two flip flops that
serve as the divide-by-4 circuitry. The rationale behind using this topology is
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Figure 5.10: Die photograph.
that we can reliably generate accurate I and Q for a wide range of frequencies.
Our measurements demonstrated that the achieved phase error is less than
0.2 degrees over the entire 10Hz to 50MHz frequency range. The I signal is
subsequently taken off-chip, low-pass filtered, and passed through a variable
gain amplifier to create Vx(w). The typical amplitude for Vx(w) in this system
is between 10-20mV.
In figure 5.10, we show the chip micrograph of the biosensor IC which
is designed and fabricated using a 0.35µm bulk CMOS process. The total chip





















Figure 5.11: Measurement setup.
area. The layout of one of the identical pixels is also shown in the figure. The
pixels are 100µm× 100µm in size.
5.4 Results and Discussion
The IC measurement setup is shown in figure 5.11. The inputs to
the EIS biosensor chip are the external reference clock operating at 4ω (from
Agilent 33120A) and the digital inputs to the decoder (from NI PCI 6289).
There are two differential outputs in this system, i.e., VI and VQ, which are first
multiplexed, amplified, and filtered using a low noise preamplifier (SRS560)
and later digitized using the NI PCI 6289 acquisition system. The whole
setup is computer controlled by means of a GPIB bus, which also synchronizes
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Figure 5.12: Pixel-level Input referred current noise PSD.
calculating the admittance using the equations 5.2 and 5.3, we subtract the
DC offset of each pixel which is measured prior to experiments, under input
open-circuit conditions. Using this setup and dc offset calibration procedure;
we are able to perform automated admittance measurements accurately at a
large number of frequency points over the entire array.
5.4.1 Admittance Detection Limits
In order to calculate the impedance sensitivity (i.e., minimum detection
level) of the system, we need to measure the noise performance of the pixels.
The noise at the output, prior to low pass filtering, is measured under input
open circuit conditions with an excitation frequency of 2.5MHz. Shown in
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figure 5.12, is the input-referred current noise PSD, which is essentially the
output noise divided by ATotal.
Now, to evaluate the current sensitivity of this system, we need to
integrate the current noise PSD over a specific bandwidth to find its noise
rms value. As one can see in figure 5.12, this value is 330pA rms and 577 pA
rms for 10Hz and 1kHz bandwidths, respectively. While lowering the cut-off
frequency of the low pass filter, fc, results in a better noise performance, it
reduces the overall measurement speed and array scan rate. Considering that
the required settling time for 16-bit accuracy is approximately 11fc, we need
about 110s to perform one full scan of all the 100 pixels for fc= 10Hz, while
for fc=1kHz, this value is 1.1s. Such level of sensitivity is sufficient for most
EIS systems since any further improvement is limited by the thermal noise
contribution of the electrolyte resistance [4].
The upper limit of impedance detection is set by the linearity of the
signal-chain. The linearity is measured here by placing a 10kΩ resistor at the
input of the TIA and we vary the amplitude of Vx(ω). The output amplitude,
|V0|, is then calculated using the measured values of VI and VQ such that
|V0| =
√
V 2I + V
2
Q (5.7)
Figure 5.13 shows the measured |V0| as function of |Vx(ω)|. For currents
smaller than 20µA, the response is linear with a constant slope equal to
|ATotal|=86dBV/A. As the current increases, the circuit enters a non-linear
region. The 1dB compression point is approximately 40µA. One inherent dis-
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Figure 5.14: Admittance minimum detection level (MDL) and highest detec-
tion level (HDL).
advantage of using coherent receivers is that the DC output generated by the
second order non-linearities directly affects the measured VI and VQ, which are
also at DC. Accordingly, we chose a safe upper limit of detection, Imax, to be
25µA, backing off sufficiently from the 1dB compression point.
Now we can calculate the admittance minimum detection level (MDL)
and highest detection level (HDL). As plotted in figure 5.14, for |Vx(ω)|=10
mV, this system is capable of measuring ∆|Y (ω)| of 10nS for |Y (ω)| as high as
1mS. This is approximately 97dB detection dynamic range (DDR), which is
maintained over a wide range of excitation frequencies from 10Hz to 50MHz.
To the best of our knowledge, this is the highest reported DDR ever for an
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Table 5.2: Chip’s key metrics
Technology 0.35µm CMOS, 4 metal layers, 3.3V supply
Die size 2mm× 2mm
Array size 10× 10, 100µm× 100µm
Electrode 40µm× 40µm, Al/1 % Si
Frequency range 10Hz - 50MHz
Power consumption 84.8mW (100kHz)
Current sensitivity (BW=10Hz) 330pA
1 dB compression point 40µA
Dynamic Range(BW = 10Hz) 97dB
Scan rate (BW=10Hz) 0.55min−1
admittance measurement system. The overall chip performance and its key
metrics are listed in table 5.2.
5.4.2 Electrochemical Measurements
For performing EIS experiments, we need to bring the sensing electrode
array in contact with the solution (electrolyte). To do this without interfering
with the electronic data acquisition, we isolate the conductive solution from the
bond-wires, I/O pads, and the IC package by using an electrically insulating
epoxy (Epotek H70S), as shown in figure 5.15. Subsequently, the reference
1mm diameter Au wire electrode is immersed into the solution carefully on
top of the sensing surface.
Shown in figure 5.16, are our real-time example impedance measure-
ments performed with KCl buffer, in which the salt concentration is changed
twice during the experiment. Initially 120µl of 1mM KCl is present into which
108
Epoxy Insulation (Model: H70S,  
Epoxy Technology, MA, USA)  
































































Figure 5.17: Admittance spectra of three different buffers.
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6µl of 10 mM and then 6µl of 100 mM KCl are added. The measurements
results shown here are done at ω=100 kHz and data points are collected with
a rate of 1ksamplesec−1. In this example, we can clearly see the exponential
settling of the admittance values which shows the relaxation of the interface
charge distribution. RB decreases, as we increase the ionic strength of the so-
lution. The surface capacitance increases due to the increase in ionic strength,
as explained in an earlier chapter. The real-time detection capability provided
by our CMOS EIS sensor is significant, since only a few commercially available
platforms offer this feature.
Though real-time measurements enable kinetic analysis, conventional
EIS methods still measure the admittance values at equilibrium. To demon-
strate the versatility of the our system at measuring impedance at equilibrium,
we first measured the admittance spectra of some of the common biological
buffers used in DNA and protein detection assays. The admittance spectra
are measured with zero DC potential difference between the reference electrode
and the sensing electrode. In the Nyquist plots shown in figure 5.17, the imag-
inary part of Y (ω) is plotted as a function of the real part. As evident from
the figure, the admittance values of different buffers can vary by five orders
of magnitude, which is consistent with their ionic strength and conductivity.
This admittance data is fitted into equivalent circuit model by utilizing a com-
plex non-linear least square-fitting tool [86]. The equivalent circuit parameters
are shown in Table 5.3. This specific set of measurements verifies the DDR
our biosensor system can achieve and proves that it can operate both in low
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Table 5.3: Equivalent circuit parameters for biological buffers
Buffer CDL RCT RB
1mM KCl 9.75pF 1012Ω 3.3MΩ
100mM KCl 13.22pF 270kΩ 36.8kΩ
4x SSC 327.5pF 72kΩ 9.3kΩ
Table 5.4: Equivalent circuit parameters for DNA hybridization experiment
Buffer CDL RCT RB
ss-DNA 190.9pF 1.2× 1010Ω 9.36kΩ
ds-DNA 175.1pF 1010Ω 9.36kΩ
conductance as well as high-conductance regimes.
5.4.3 Biological Measurements
Detecting DNA hybridization is key to all nucleic acid-based biosensors
such as gene expression DNA microarrays. One of the advantages of EIS based
biosensor is that it permits label-free detection of DNA hybridization. To show
this capability here, we immobilized thiolated ssDNA molecules directly onto
the Au electrode surface as the capturing probe. The probe sequence in this
Table 5.5: Equivalent circuit parameters for protein detection experiment
Buffer CDL RCT RB
11-MUA 31.7pF 149kΩ 422kΩ
11-MUA + Protein-G 51.8pF 177kΩ 422kΩ
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Figure 5.18: DNA hybridization admittance spectra.
particular experiment is 5’-TGATAGCCCTGTACAATGCTGCTAAAAAAA-
Thiol-3’. The approximate probe concentration is 7 × 106 per electrode [87].
The admittance spectrum with immobilized probes is measured in 40 µl of
4 × SSC buffer (solid line in figure 5.18). Onto the same buffer, we add
5µl of 1ng
µl
of complementary ssDNA strand and the admittance spectra of
the system is again measured at equilibrium (dashed curve in figure 5.18).
This concentration is sufficient to saturate the entire electrode surface. On
equivalent circuit fitting (shown in table 5.4), we observed that while RCT and
RB almost remain the same, the value of CDL drops from 190pF to 175pF.
This 8% drop in capacitance is due to the lowering of dielectric permittivity
near the surface [88]. By linear extrapolation of this result and by making use
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Figure 5.19: Protein G detection spectra.
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of the admittance detection limits derived previously, the limit of detection for
our system is around 105 molecules. This level of sensitivity makes our EIS
system comparable to other label-free methods of detection that have been
reported [23].
Label-free protein detection has always remained a challenge since it is
difficult to label protein molecules without generally altering their properties
[89]. EIS method is perhaps the ideal candidate as it can perform label-free de-
tection and can probe into varying depths from the electrode surface, providing
us with a vast amount of information. In this research, we performed the de-
tection of protein-G molecules which is a immunoglobulin-binding protein that
can attach to a wide variety of antibodies. The protocol for immobilization
and detection is taken from [90]. A layer of 11-MUA molecules is immobilized
on gold surface and the admittance spectrum is measured in 1x PBS buffer.
Then, protein-G is immobilized onto the 11-MUA layer and once again the
admittance spectrum is measured in 1x PBS buffer. As plotted in figure 5.19,
the admittance spectrum exhibits more complex variation, when compared
with DNA hybridization experiment. On equivalent circuit fitting (shown in
table 5.5), we observed changes in RCT as well as CDL. As expected, no change
was observed in the bulk resistance. The complicated change in admittance is
attributed to the fact that proteins are large molecules with complex charge
distribution. This is one of the first ever-reported admittance spectra for on-
chip detection of protein attachment. Further studies need to be performed to
better understand the changes in the admittance spectra. Nevertheless, EIS
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provides us with tool for observing the changes that happen near the surface
with the attachment of proteins and can be used to perform label-free protein
detection.
5.5 Custom ADC design
The EIS chip, described above, still requires an external excitation
signal source and external data acquisition systems. In order to build low-cost,
portable EIS platforms, it is critical to develop fully integrated EIS system-
on-chip (SoC), with no external components. The various components of the
SoC, apart from the sensor, are a high resolution ADC, a DSP core capable
of performing signal processing operations and a tunable signal generator.
The ADC plays a key role by converting the sensor output into a digital
signal, permitting one to perform complex on-chip digital signal processing
operations and improving the accuracy and even speed of readout. The design
and implementation of the ADC, specifically tailored towards digitizing the
EIS sensor outputs is described in this section.
5.5.1 Target Specifications
In order to determine the important parameters in the ADC design, it
is essential to have a list of target specifications. The output of the EIS sensor
serves as the input for the ADC. The output of the pixel circuitry is at low
frequencies, due to the lock-in operation, irrespective of the input excitation
frequency. It is safe to assume that the bandwidth of the input signal is below
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Input signal DC(BW < 20Hz)
Input voltage range -1.6V to 1.6 V differential
for common mode of 0.9V
20Hz, which is at a higher frequency than the capturing kinetics in biosensor
systems.
The ADC output rate is set to 60 samples per second, which helps in
eliminating 60Hz interference at the input. The maximum detection dynamic
range of our sensor is close to 100dB, as explained in the previous section.
This translates to a requirement of 16 effective number of bits (ENOB) for the
ADC, with a signal-to-noise plus distortion ratio (SNDR) > 98dB [91].
Another important specification for an ADC is its sampling frequency
fs. In oversampling data converters such as the Σ-∆ converter, oversampling
ratio (OSR) refers to the ratio between the sampling frequency fs and output
data rate. In order to achieve a 100 dB dynamic range, it is essential to use
a higher order Σ-∆ modulator ([91],[92]). The first-order modulator requires
an OSR of 4096 to achieve a 100 dB dynamic range, whereas for a second-
order Σ-∆ modulator, an OSR of 256 is sufficient. Also higher-order Σ-∆
modulators are less susceptible to issues such as idle tones and dead zones

















Figure 5.20: A general model of a second-order Σ-∆ converter.
second order Σ-∆ ADC with an OSR of 512, which sets the sampling frequency
as 60× 512 = 61.44kHz.
In order to accommodate the large range of DC output voltages gener-
ated by the sensor, the ADC must have the capability to work linearly over a
wide range of input differential voltages. The differential input voltage range
specification is chosen as -1.6V to +1.6V, for a common mode mode of 0.9V.
Table 5.6 provides a summary of the key specifications.
5.5.2 System Level Design
A general model of a second-order Σ-∆ converter is shown in figure
5.20[92]. For achieving good linearity, a one-bit quantizer is used. The coeffi-
cients a1, a2, b1, and b2 play an important role in determining the intermediate
voltage levels and the overall stability of the Σ-∆ loop.
In order to fix these coefficients, MATLAB simulations are run in which
the input is swept over the entire differential voltage range (-1.6V to 1.6V) and
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Figure 5.21: Simulated noise PSD of the Σ-∆ converter.
the corresponding intermediate voltage levels are observed. It was observed
that for coefficients, a1 = 0.16, a2 = 0.5, b1 = 1, and b2 = 0.5, the intermediate
voltage levels remain below 1.8V (which is the supply voltage for the chip) for
the entire input differential voltage range.
One of the key advantages of the Σ-∆ converter is that it can perform
noise shaping [93]. We performed a system level MATLAB simulation, consid-
ering an input referred thermal noise of 64µV rms. The noise response at the
output of the converter is shown in figure 5.21. The integrated noise in 30Hz
band is -105dB below full scale, which meets our SNDR requirement.
A decimation filter is used at the output of a Σ-∆ converter in order to
reduce the sampling rate and filter out the noise outside the frequency band
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of interest. In our system, we made use of a sinc3 filter as a decimation filter,





. This filter has three sinc filters
in series and the filter roll-off is three times faster than a sinc filter [91].
5.5.3 Implementation
The Σ-∆ modulator can be implemented using a switched-capacitor
circuit as shown in figure 5.22. It consists of two op-amp based integrators,
a comparator, which acts as a one bit quantizer and a D flip-flop to hold
the comparator output value for the entire clock cycle. Vref+ and Vref− are
switched between 0 and 1.8V, in order to maximize the input voltage range.
Vcmi is set to the common mode voltage of the sensor outputs.
In the phase φ1, the inputs are sampled onto the sampling capacitors
C1. In the phase φ2, the stored value is subtracted with a fraction of either
+Vref(diff) = 1.8 or −Vref(diff) = −1.8, depending whether it is a 0 or 1 at the
output and the resultant charge is transferred to the integrating capacitors.
The latch-based comparator compares the v2+ and v2− values during this
phase, and determines the digital output state of the Σ-∆ converter for the
next cycle.
The switches are sized 1µm
0.18µm
. This translates to a maximum on-
resistance of 4kΩ. Since our fs is only 64kHz, the switches settle to 17 bit
accuracy well within one half period. In order to minimize errors due to
charge injection, we have made use of differential bottom plate sampling at







































































Figure 5.22: Switched capacitor implementation of the Σ-∆ converter.
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C2 is set to
500
0.16
= 3.125pF . These capacitor sizes ensure that the error due to
charge injection is less than 25µV (0.5LSB). Furthermore, the KT
C
noise at the
input is low enough to meet our desired SNDR specification of 98dB. For the
second integrator, C4 is chosen to be 500fF, C3 is set to 2×C4 = 1pF and C5
is set to 2× C3 = 2pF , in order to set the desired value for the coefficients a2
and b2. The total capacitance used in the circuit is 16.65pF.
5.5.3.1 Op-amp Design
Op-amp design is a critical step in the design of the Σ-∆ converter.
Though the gain needs to be only around 54dB (as OSR=512) [91], it is im-
portant to make sure that the op-amp has a sufficient gain-bandwidth product,
so that all the intermediate voltages settle to the correct value, within the on-
duration of φ1 or φ2. The output swing needs to be large, almost rail-to-rail,
since any non-linearity introduced by the op-amp due to clipping, can lead
to a significant increase in the noise floor [91]. The slew rate should be high
enough to support the change in Vref(diff), which can change from -1.8V to
1.8V every cycle. Furthermore, to ensure proper stability and to prevent any
ringing, the op-amp should at-least have a phase margin of 60 degrees, and
this phase margin condition needs to be met in both φ1 and φ2 conditions.
In order to meet these specifications, a two-stage folded cascode op-
amp, with Miller compensation is designed [95]. The folded cascode architec-
ture is chosen, since we need the flexibility to set the input and output common





















Figure 5.23: Circuit schematic of the op-amp.
mon source amplifier is used as the second-stage amplifier. To accurately define
the common mode voltage level at the output, a switched-capacitor common
mode feed back circuit (CMFB) is used (not shown) [95]. The total current
consumption of the op-amp is 100µA.
5.5.3.2 Comparator Design
A standard latch-based Yukawa comparator is used [96] as shown in the
figure 5.24. The comparator outputs are precharged to high during one clock
phase. During the other phase, the precharged transistors are disconnected and
the outputs begin to discharge. Based on whether VINA or VINB is greater, one
of the outputs will fall faster than the other. Due to the negative gm resulting
from the cross-coupled PMOS and NMOS pairs, the exponential rise in one of
the outputs causes an exponential drop in the other, pushing the outputs to
the opposite rails. The offset of the comparator is around 10 mV. In a Σ-∆






Figure 5.24: Circuit schematic of the comparator.
frequency gain of two integrators, when referred to the input. The settling
time is very fast, in the order of a few ns.
5.5.4 Die-level Implementation
The Σ-∆ ADC, along with the decimator and the clock generation
circuity are designed and fabricated in 0.18µm standard CMOS process. The
area occupied is 0.5mm2. The total power consumption is 0.45mW with a
1.8V power supply. The die photograph of an integrated EIS chip with the
EIS sensor and the 16-bit second order Σ-∆ ADC is shown in figure 5.25.
5.6 Conclusion
CMOS integrated biosensors are platforms that can leverage VLSI fab-
rication technologies to provide cost-efficiency, portability and manufactura-









Figure 5.25: Die photograph showing the sensor and the 16-bit Σ-∆ ADC.
and real-time EIS biosensing can be carried out using CMOS ICs, with only one
additional post processing step (i.e., gold plating). In this system, we have
made use of a coherent detector scheme to measure impedance with supe-
rior DDR. Our preliminary measurement results indicate that we can perform
label-free detection of DNA hybridization and protein attachment, which indi-
cates the versatility of our chip and its potential use in a variety of assays and
applications. Along with the sensor, in this chapter, we have also explained
the design and implementation of a 16-bit Σ-∆ ADC specially tailored to dig-
itize the output of our EIS sensor, which serves as an important component
for a fully integrated EIS SoC.
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Chapter 6
Summary and Future Work
6.1 Summary
The goal of this thesis is to demonstrate the applicability of EIS in
biosensing and to build a miniaturized integrated EIS biosensor array, using
the standard CMOS process. In chapters 2 and 3, we first introduced the
basic concepts in biosensing and EIS. We discussed some of the important
considerations in EIS-based biosensing, such as choice of the right electrode
surface, the surface linkage option, the effect of monolayer length and the
impact of buffer concentration. By making use of an example protein-antibody
biosensor system, we demonstrated that EIS is a highly sensitive method for
detecting biomolecular interactions happening close to the surface. EIS can
act as a low-cost platform for studying the kinetics of molecular interactions.
This work marks one of the first efforts to build a compact modeling
technique for distributed electrode-electrolyte systems (Chapter 4). The devel-
opment of this model is critical for developing integrated biosensors, wherein
typically large arrays of coplanar electrodes are used for sensing. Our tech-
nique not only enhances the accuracy of modeling, but also permits one to
estimate the noise power spectral density of such distributed systems. We
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have shown that our models are far more accurate than the analytical models
and at the same time, require much lesser computational power and resources
when compared to fully distributed simulations.
In this work, the first ever integrated CMOS EIS biosensor array was
built (chapter 5), where the sensing electrodes and the detection circuitry are
all integrated onto the same die. We made use of the electroless-nickel immer-
sion gold (ENIG) plating method (a maskless gold plating method), in order to
deposit gold onto the electrode surface, making it biocompatible. The CMOS
EIS IC has a large dynamic range (close to 100dB) and a wide frequency range
of operation, both of which are required for the development of open-platform
EIS biosensors. Furthermore, the ICs are compact, packing a 10 × 10 array
into a 4mm2 area. We have shown that it is possible to perform label-free and
real-time studies of biomolecular interactions such as DNA and protein inter-
actions. Furthermore, we have also designed and implemented a 16-bit sigma-
delta analog-to-digital converter (ADC), which has been specially tailored to
digitize our EIS sensor output. We have shown, that by taking advantage of
IC fabrication processes, we can build a compact, high-performance biosensor
array, which can push the detection of biomolecular agents, from laboratories,
which make use of bulky instruments onto miniaturized platforms that are




In an EIS experiment, any change in the interface impedance can be
wrongly interpreted as the signal. Any movement in the bulk solution or the
reference electrode, during the introduction of antibody or any other reagent
can cause changes in the interface impedance, and it is difficult to separate
out the real antigen-antibody binding signal from these motion artifacts. One
of the ways to minimize this artifact is to make use of a tightly controlled flow
setup, in which the antibody solution or the reagents are introduced at a slow
rate, to ensure that the fluid flow does not disturb the equilibrium condition
at the interface and significant changes in the interface impedance can only
occur due to antigen-antibody binding. Such flow setups are popularly used
in many different types of biosensing system such as in the SPR setup in [13]
and in the EIS setup in [29].
6.2.2 Spotting
Using IC processes, it is possible to build highly dense arrays, in which
multiple analytes can be detected in parallel. As the size of the electrodes and
the individual pixels become smaller, it is increasingly difficult to immobilize
different probes onto the different electrodes. On our EIS chip, the electrodes
are 40µm × 40µm in size. For these sizes, it is possible to make use of mi-
croplotter instruments ([97],[98]), which are capable of depositing different
probe solutions with a resolution of 5-10µm. But for even smaller dimensions,
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we require better resolution. Also, for really small electrodes (sizes in the order
of 1µm× 1µm), the number of probe molecules per electrodes becomes small
( ≈ 100 − 1000). This can cause large percentage variations in probe density
from one pixel to the other. It is necessary to analyze how scaling of electrode
sizes affects the overall EIS accuracy, taking into account the increase in the
probe density variation.
6.2.3 On-chip Sinusoidal Oscillator
For an integrated impedance measurement SoC, we require an on-chip
tunable oscillator, which is capable of operating over a wide frequency range.
The oscillator needs to have quadrature outputs. Moreover, for portable appli-
cations, it will be advantageous for the oscillator to have low power consump-
tion. Furthermore, the oscillator needs to exhibit minimal harmonic distortion,
to ensure high accuracy in the impedance measurements.
The simplest method to build an on-chip oscillator is the direct digital
synthesis (DDS) method [99], where a large memory (typically 10Mbytes) is
used to store samples of a sine wave and by making use of a high resolution
DAC, it is possible to generate sine waves with very low distortion. But
DDS based oscillators have high power and large area requirements, making
it unsuitable for portable applications.
Another method is to make use of current-starved ring oscillators [95].
These oscillators consume much lesser power when compared to DDS based
systems and occupy smaller areas. Also it is possible to adjust the frequency
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by simply varying the bias current. However, the resultant sinusoid generated
has large harmonic distortion components, making them unsuitable for EIS
applications.
One of the methods to reduce harmonic distortion is to make use of
the Wein-bridge oscillator structure. For ease of implementation, a current
mode Wein-bridge can be used, where using a current mirror, one can easily
provide sufficient gain for the positive feedback to work. The schematic of
a Wein-bridge oscillator is shown in fig 6.1. The resistors required for the
Wein-bridge network can be implemented by making use of diode-connected
inverters, whose gm varies as a function of the bias current. This network
has a higher Q and by altering gm of one of the elements, in response to
the oscillation amplitude, harmonic distortion can be reduced significantly.
The gm of the inverters (and thereby the oscillation frequency) can be easily
tuned by controlling the bias current. Furthermore, the Wein-bridge oscillator
directly provides two voltage outputs, which are in quadrature with respect to
each other, eliminating the need for frequency dividers or polyphase networks
to generate the required phase shifts. As a part of our future work, we are
planning to implement a tunable Wein-bridge oscillator circuit, with a feedback
loop to reduce harmonic distortion.
6.2.4 Harmonic Rejection Mixing
One of the issues with the lock-in amplification method, is that any
harmonic distortion in the excitation signal Vx leads to large errors in the DC
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Figure 6.1: Block diagram of the Wein-bridge oscillator.
outputs of the two mixers VI and VQ. This places very difficult constraints on
on-chip oscillators or on-chip filters, which are used to generate Vx.
In RF receivers, it has been previously shown that it is possible to
improve harmonic rejection by adding extra mixers, which multiply the signal
with clocks, with phase shifts other than 0◦ and 90◦ [100]. This technique is
called harmonic rejection mixing. In our design, we can multiply the current
flowing through the electrode-electrolyte system, not only with CLK 0 (I) and
CLK 90(Q) clocks which are 90◦ apart, but also with a CLK 45 signal which
is at a phase shift of 45◦ with respect to I. In the ideal case, if the output is
calculated using the formula shown in figure 6.2, the effect of the third and
fifth harmonics will be cancelled [100]. This can significantly reduce the error
in the impedance measurement and permits us to use on-chip oscillators, which










Vo =Vo_ 0 + 2Vo_ 45 +Vo_ 90
Figure 6.2: Harmonic rejection method for EIS sensor.
6.2.5 Fully Integrated EIS Sensor
As introduced in Chapter 5, there is a demand for developing fully
integrated EIS systems with no external components. The various blocks in a
fully integrated EIS sensor is shown in figure 6.3. Apart from the sensor, the
integrated EIS system-on-chip (SoC) consists of an analog-to-digital converter,
a tunable sinusoidal oscillator, and a DSP processor. The design of ADC has
been described in chapter 5. The design of a tunable oscillator has been
explained in the previous section. The DSP processor can be used to calculate
the magnitude and phase of the impedance from the digitized VI and VQ values.
With fully integrated EIS sensor, it is possible to develop low-cost, portable
EIS platforms.
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The protocol for the antigen-antigen experiments is summarized in fig-
ure 1.1.
Surface Cleaning:
1. The fresh gold slides are washed in acetone for 1 minute.
2. The slides are then placed in ethanol for 1 minute.
3. After drying under nitrogen gas, the slides are placed in an air plasma
chamber (700 atm) for 90 seconds.
4. For SC-1 clean, a large glass beaker is filled with 1000ml of water. Inside
the beaker, a smaller Teflon beaker containing 100ml of DI water is
placed.
5. The large glass beaker is placed on a hot plate and heated to 70◦C.
6. Once the temperature reaches 70◦C, 20 ml of ammonium hydroxide and
20 ml of hydrogen peroxide is added to contents of the Teflon beaker.
The temperature is reduced to 65◦C.
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Figure 1.1: Protocol for protein/antibody experiment.
7. The gold slides are placed in the Teflon beaker with the SC-1 mixture.
One can observe vigorous bubbling on the gold surface.
Warning: SC-1 mixture can cause severe irritation and damage to the
skin. Hence it is essential to wear proper protection before using the
mixture.
8. Leave the slides in the mixture for 15 minutes.
9. After the SC-1 clean, place the slides in a well cleaned beaker containing
DI water. Place it on the shaker for 10 min.
10. Transfer the slides to another beaker containing DI water. Place it on
shaker for 10 minutes.
11. It is possible that a gold oxide layer might be formed on the gold sur-
face. To reduce the oxide layer, place the slides in ultrapure ethanol and
sonicate for one hour.
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Monolayer preparation:
12. Prepare fresh solutions of 1mM of alkanethiol in ultrapure ethanol.
13. Place the cleaned slides in a beaker containing the 1mM solution. Back
fill with nitrogen gas and tightly seal the beaker to make it airtight.
14. Place the beaker in a dark room for 24 hours.
EDC/NHS protocol:
15. Prepare a fresh solution of 75mM EDC in ethanol and 25mM NHS in 1x
PBS.
16. Remove the slides from the monolayer preparation solution. Wash twice
in ultrapure ethanol and dry it in nitrogen gas.
17. Place the slides in EDC/NHS solution for 4 hours. Backfill the beaker
with nitrogen gas and place an airtight seal over the beaker.
Protein Immobilization :
18. Prepare protein/antibody solutions in 1x PBS buffer.
19. Take the slides from the EDC/NHS solution beaker. Wash it twice in 1x
PBS.
20. Wash it once in DI water and dry it under nitrogen gas
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21. Pipette 7-10 µl of the protein/antibody solution onto the EDC/NHS
treated gold slide. Use cover slips for the liquid to cover the required
portions of the slide.
22. Place the slide in a humid chamber for 30 minutes.
23. At the end of 30 minutes, remove the cover slips and wash the slides in
1x PBS twice.
24. Place the protein immobilized slides in 100mM sodium bicarbonate in 1x
PBS (pH 8.0) buffer for 30 minutes. This step deactivates any reactive
ester groups on the surface.
25. Place the slides in 1x PBS solution. The slides are now ready for EIS
experiments.
Antibody Immobilization Experiments:
26. The gold slides with thioctic acid monolayer are first subject to EDC/NHS
protocol (steps 15-17) and protein immobilization with a 200nM FoS in
1x PBS solution (steps 18-25).
27. Place the slide in 33nM anti-FoS in 1x PBS solution.
28. Study the attachment of anti-FoS onto a FoS immobilized surface in
real-time using EIS.
The EIS is performed using a bench-top Solartron impedance analyzer.
A three-electrode setup is used, in which Ag/AgCl electrode serves as the
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reference electrode and a platinum wire serves as the counter electrode.
A three electrode setup is commonly used, as the potential of the bulk
solution can be set accurately using the reference electrode, irrespective
of the magnitude of the current flow through the counter electrode[6].
Make measurements every minute and measure the impedance at 1,5,10,50,100,
and 500 Hz.
29. After an hour, place the slides in 1 mg
ml
of anti-IgG, which can attach to
the immobilized anti-FoS IgG. Repeat real-time EIS measurements.
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